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Summary

0.1. English Summary

This thesis investigates the transformative potential of soft robotics in the development of
total artificial hearts (TAHs), a field driven by the urgent and growing burden of end-stage
heart failure worldwide. Despite decades of innovation, conventional mechanical circula-
tory support devices, including ventricular assist devices (VADs) and current-generation
TAHs, remain limited by complications such as thromboembolic events, infections, me-
chanical failure, and non-physiological performance. Their reliance on rigid mechanical
components, driveline connections, and system complexity has constrained both durabil-
ity and patient’s quality of life. These challenges underline a pressing medical and engi-
neering need: the development of artificial hearts that do not merely substitute for the
native organs pumping capacity, but also emulate its dynamic, adaptive, and hemocom-
patible nature.

Soft robotics offers a compelling response to this challenge. By drawing inspiration
from the compliant, deformable, and adaptive properties of biological tissues, soft robotic
systems enable a new paradigm for cardiovascular prostheses—one that prioritizes me-
chanical compliance, physiological flow generation, and passive adaptability. In contrast
to rigid electromechanical pumps, soft robotic designs hold the potential to replicate
the hearts native contraction patterns, distribute forces more evenly, and reduce blood
trauma. Moreover, the field integrates advances in material science, fluidic actuation, and
biointerface engineering, creating opportunities for devices that are not only technically
functional but also biologically harmonious. This thesis builds upon these principles to
explore the soft robotic TAH concepts, next-generation artificial hearts that combine soft
robotic actuation, fluidic transmission systems, and supramolecular coatings to address
the limitations of existing devices and move toward a truly implantable, durable, and phys-
iologically compatible TAH.

The investigation begins with a systematic review of the historical evolution of TAH
development. Here, the limitations of earlier devices such as the SynCardia and Carmat
systems are critically assessed, including their high complication rates, mechanical fail-
ures, limited patient mobility, and dependency on percutaneous drivelines. The review
highlights both the engineering achievements and clinical shortcomings of these systems,
while pointing toward new opportunities afforded by emerging soft robotics, biocompati-
ble materials, and wireless energy transfer technologies. By mapping the trajectory of the
field, this analysis clarifies why a paradigm shift is required and lays the foundation for
novel approaches.

In chapter 3, the thesis introduces an analytical modeling framework for elastic pouch
motors, a core actuation principle in soft robotics. These models describe the nonlinear
behavior of elastomeric materials under pressurization, offering predictive insights into
their deformation and force output. The analytical formulations are validated against ex-
perimental data, underscoring the importance of tuning material stretchability in design-



viii Summary

ing high-performance, long-lasting pumping elements. This stage provides a critical de-
sign toolkit, enabling optimization of pouch geometry and material properties for future
heart prototypes.

A major contribution of the work was the introduction of the LIMO (Less In, More
Out) heart, which set out to address one of the most persistent challenges in TAH devel-
opment: the excessive size of pumping elements. The aim of this work was to establish
a concept for minimizing device volume by leveraging an efficient soft fluidic transmis-
sion system. Instead of relying on direct displacement like membrane-based systems, the
approach used thin-walled pouch actuators configured to achieve volumetric output am-
plification through circumferential shrinkage, thereby reducing the required volumetric
input for generating physiological pressures. This principle of fluidic transmission pro-
vides a pathway to reconciling anatomical constraints with functional performance, laying
the groundwork for the design of compact, energy-efficient artificial ventricles that can be
scaled toward full implantability.

The thesis then introduces the Hybrid Heart concept, which represents the synthesis
of another soft robotic actuation method with biomaterial innovation. By incorporating
supramolecular coatings and exploring hemocompatible inner linings, this design seeks to
overcome the persistent barrier of blood-material interaction. In vitro validation demon-
strated improved hemocompatibility compared with uncoated materials, while acute an-
imal studies confirmed the feasibility of pulsatile function and biocompatibility in vivo.
The Hybrid Heart embodies the vision of a device that does not merely perform as a me-
chanical pump but integrates with the host environment, reducing the risks of thrombosis,
infection, and chronic inflammation. Together, these results position the Hybrid Heart as a
promising candidate for the next generation of TAHs, capable of bridging the gap between
engineering innovation and clinical translation.

Taken together, the findings of this thesis highlight the transformative potential of soft
robotics in cardiac replacement therapy. By merging analytical modeling, practical proto-
typing, and biological validation, the work outlines a pathway toward artificial hearts that
are not only functional but also physiologically harmonious. Future efforts must focus on
design optimization, ensuring durability, chronic evaluation in large animal models, and
the development of implantable energy and control systems. With continued progress, the
LIMO heart and Hybrid Heart concepts could eventually realize the long-standing vision
of a durable, biocompatible, and fully implantable total artificial heart.



0.2. Nederlandse Samenvatting ix

0.2. Nederlandse Samenvatting

Dit proefschrift onderzoekt het transformerende potentieel van zachte robotica bij de
ontwikkeling van kunstharten, een onderzoeksgebied dat wordt gedreven door de sterke
toename van eindstadium hartfalen wereldwijd. Ondanks decennia van innovatie blij-
ven conventionele mechanische circulatoire ondersteuningssystemen, waaronder steun-
harten en de huidige generatie kunstharten, beperkt door complicaties zoals trombo-
embolién, infecties, mechanisch falen en niet-fysiologische prestaties. Hun athankelijk-
heid van rigide mechanische componenten, percutane verbindingen en systeemcomplexi-
teit beperkt zowel de duurzaamheid als de levenskwaliteit van patiénten. Deze uitda-
gingen geven een urgente medische en technische noodzaak weer: de ontwikkeling van
kunstharten die niet enkel de pompfunctie van het lichaamseigen orgaan vervangen, maar
die ook diens dynamische, adaptieve en hemocompatibele eigenschappen nabootsen.

Zachte robotica kan een antwoord bieden op deze uitdaging. Door inspiratie te put-
ten uit de meegaande, vervormbare en adaptieve eigenschappen van biologische weefsels
maken zachte robotsystemen een nieuw paradigma mogelijk voor cardiovasculaire pro-
thesenéén dat de nadruk legt op mechanische compliantie, fysiologische flowgeneratie
en passieve aanpassing. In tegenstelling tot rigide elektromechanische pompen hebben
zachte robotontwerpen het potentieel om de natuurlijke samentrekkings patronen van
het hart na te bootsen, krachten gelijkmatiger te verdelen en bloedtrauma te verminderen.
Bovendien verenigt dit vakgebied vooruitgang in materiaalkunde, fluidische actuatie en
bio-interface-engineering, wat mogelijkheden schept voor apparaten die niet alleen tech-
nisch functioneel zijn, maar ook biologisch in harmonie met het lichaam. Dit proefschrift
bouwt voort op deze principes om zachte robotische kunsthartconcepten te verkennen:
kunstharten van de volgende generatie die zachte actuatie, fluidische transmissiesyste-
men en supramoleculaire coatings combineren om de beperkingen van bestaande appa-
raten te overwinnen en de weg vrij te maken naar een echt implanteerbaar, duurzaam en
fysiologisch compatibel kunsthart.

Het onderzoek begint met een systematische review van de historische evolutie van
TAH-ontwikkeling. Hierin worden de beperkingen van eerdere apparaten, zoals de Syn-
Cardia en Carmat systemen, kritisch beoordeeld, waaronder hoge complicatiecijfers, me-
chanisch falen, beperkte mobiliteit van patiénten en afhankelijkheid van percutane ver-
bindingen. De review belicht zowel de technische prestaties als de klinische tekortkomin-
gen van deze systemen en wijst op nieuwe mogelijkheden die worden geboden door opko-
mende zachte robotica, biocompatibele materialen en draadloze energieoverdrachtstech-
nologieén. Door de ontwikkeling van het veld in kaart te brengen, maakt deze analyse dui-
delijk waarom een paradigmaverschuiving noodzakelijk is en legt zij de basis voor nieuwe
benaderingen.

Vervolgens introduceert het proefschrift een analytisch modelleringskader voor elasti-
sche pouch-motoren, een kernactuatieprincipe in de zachte robotica. Deze modellen be-
schrijven het niet-lineaire gedrag van elastomere materialen onder druk, en bieden voor-
spellende inzichten in hun vervorming en krachtopbrengst. De analytische formules wor-
den gevalideerd aan de hand van experimentele gegevens, waarmee het belang wordt on-
derstreept van het afstemmen van de rekbaarheid van materialen bij het ontwerpen van
hoogpresterende, duurzame pompelementen. Dit hoofdstuk levert een belangrijk ont-
werpinstrument op, dat de optimalisatie van geometrie en materiaaleigenschappen van
pouch-actuatoren mogelijk maakt voor toekomstige hartprototypes.
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In het volgende hoofdstuk wordt LIMO (Less In, More Out) hart geintroduceert, dat
zich richt op een van de meest hardnekkige uitdagingen in kunsthart ontwikkeling: de bui-
tensporige omvang van pompelementen. Het doel van dit werk was een concept te ontwik-
kelen voor volumeminimalisatie door gebruik te maken van een efficiént zacht fluidisch
transmissiesysteem. In plaats van directe verplaatsing, zoals bij membraan-gebaseerde
systemen, maakte deze benadering gebruik van dunwandige pouch-actuatoren die wa-
ren geconfigureerd om volumetrische outputversterking te bereiken via circumferentiéle
krimp, waardoor de benodigde inputvolumes voor het genereren van fysiologische druk-
ken werden verminderd. Dit transmissieprincipe biedt een weg om anatomische beper-
kingen te verzoenen met functionele prestaties, en legt de basis voor het ontwerp van
compacte, energie-efficiénte kunstventrikels die opgeschaald kunnen worden naar volle-
dige implanteerbaarheid.

Daarna introduceert het proefschrift het Hybrid Heart-concept, dat de synthese be-
schrijft van een andere zachte actuatiemethode met biomateriaalinnovatie. Door supra-
moleculaire coatings en hemocompatibele binnenlagen te integreren, tracht dit ontwerp
de hardnekkige barriere van bloed-materiaalinteracties te overwinnen. In vitro-validatie
heeft verbeterde hemocompatibiliteit laten zien in vergelijking met ongecoate materialen,
terwijl acute dierstudies de haalbaarheid van pulsatiel functioneren en biocompatibiliteit
in vivo hebben bevestigd. Het Hybrid Heart belichaamt de visie van een apparaat dat niet
enkel fungeert als een mechanische pomp, maar geintegreerd is met de gastomgeving,
waardoor de risicos op trombose, infectie en chronische ontsteking worden verminderd.
Samen positioneren deze resultaten het Hybrid Heart als een veelbelovende kandidaat
voor de volgende generatie kunstharten, die in staat zijn om de kloof tussen technische
innovatie en klinische toepassing te overbruggen.

Gezamenlijk benadrukken de bevindingen van dit proefschrift het transformerende
potentieel van zachte robotica in de hartvervangende therapie. Door analytische model-
lering, praktische prototypering en biologische validatie te combineren, schetst het werk
een pad naar kunstharten die niet alleen functioneel zijn, maar ook fysiologisch in har-
monie met het lichaam. Toekomstige inspanningen moeten zich richten op ontwerpop-
timalisatie, het waarborgen van duurzaamheid, chronische evaluatie in grote diermodel-
len en de ontwikkeling van implanteerbare energie- en controlesystemen. Met voortdu-
rende vooruitgang zouden de LIMO- en Hybrid Heart-concepten uiteindelijk de lang ge-
koesterde visie kunnen verwezenlijken van een duurzaam, biocompatibel en volledig im-
planteerbaar kunsthart.
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Introduction

“Every leaf of the tree becomes a page of the book, once the heart is opened and it has learnt
to read.”

Saadi, Shiraz, 13th century



2 1. Introduction

1.1. The Growing Burden of End-Stage heart failure

Cardiovascular diseases (CVDs) remain the leading cause of death worldwide, responsible
for nearly one-third of all global fatalities [1]. Among these conditions, heart failure (HF)
stands out as a particularly significant contributor to morbidity, mortality, and healthcare
costs [2]. HF is not a single disease but rather a complex clinical syndrome arising from
structural or functional impairment of ventricular filling or ejection of blood [3]. Despite
advances in medical and device-based therapies, HF continues to impose a profound bur-
den on patients, families, and health systems.

Globally, an estimated 64 million people live with HF , and its prevalence is steadily in-
creasing, driven primarily by two demographic trends: the aging population and improved
survival from acute cardiac [4, 5]. Advances in treatments for myocardial infarction, valvu-
lar disease, and hypertension have enabled more individuals to survive into older age, yet
these same survivors often progress to chronic HE Consequently, HF is becoming more
prevalent among elderly populations, where it frequently coexists with other chronic con-
ditions such as diabetes, renal dysfunction, and pulmonary hypertension, further compli-
cating management [6, 7].

In European countries, Studies show a lifetime risk of developing HF of approximately
24.5% in men and 23.3% in women [8]. In the United States, projections suggest that by
2030, over 8 million adults—nearly one in every 33 people—will be living with HE, repre-
senting a 46% increase from 2012 [9]. Similar trends are observed across Europe and Asia,
underscoring the global nature of this growing health crisis [10, 11].

The clinical impact of HF extends far beyond mortality. Patients frequently experience
debilitating symptoms such as fatigue, dyspnea, fluid retention, and exercise intolerance,
severely impairing quality of life [12]. Many individuals require repeated hospitalizations,
which not only reflect disease severity but also contribute to escalating healthcare costs.
In the United States alone, the total annual costs related to HF are estimated to exceed $43
billion, with nearly 80% of this figure attributed to hospitalization expenses [13, 14].

For those who progress to advanced stages—commonly referred to as end-stage HF—
the prognosis remains dismal despite optimal medical therapy. Median survival for pa-
tients with end-stage HF ranges from six months to a year, depending on clinical factors
such as functional status, ejection fraction, and comorbidities [15, 16]. Heart transplan-
tation offers the best survival outcomes and quality of life for eligible patients. However,
this lifesaving option is constrained by the persistent shortage of donor hearts, leaving
thousands of patients on waiting lists and many more deemed unsuitable due to age, co-
morbidities, or other factors [17, 18].

These stark realities have catalyzed intense research into mechanical circulatory sup-
port systems, including left ventricular assist devices (LVADs) and total artificial hearts
(TAHs). While LVADs have transformed the management of advanced HF for many pa-
tients, they are unsuitable for patients with severe biventricular failure or complex anatom-
ical challenges [19]. Thus, there remains a critical unmet need for technological solutions
that can fully replace the native hearts pumping function in a manner that is both durable
and compatible with the human body.

As the burden of end-stage HF continues to grow, the need for innovative alternatives
to heart transplantation has become increasingly urgent. Leading this effort is the devel-
opment of a viable, long-term TAH—a central theme explored in depth throughout this
thesis.
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1.2. Mechanical Circulatory Support and Its Limita-
tions

To address this gap, MCS devices have evolved rapidly over the past two decades. Among
these, LVADs have become a mainstay of treatment for patients with advanced HF either
as a bridge to transplant or as destination therapy [20-22]. These devices have extended
life expectancy and improved functional capacity for many patients. However, LIVADs are
not a panacea. Their use is largely restricted to patients with predominantly left ventricu-
lar dysfunction. They offer limited support for patients with severe biventricular failure or
those with complex anatomical or systemic conditions that preclude isolated LV support
[19]. Moreover, LVADs remain associated with significant complications, including throm-
boembolic events, bleeding, and infections linked to percutaneous drivelines [23]. Many
patients endure a diminished quality of life due to device-related limitations [24].

These challenges underscore a profound clinical need: a TAH that can function as a
long-term, or destination therapy for patients with end-stage biventricular HE

1.3. The Total Artificial Heart: Progress and Persis-
tent Challenges

The first implantation of a TAH was done in 1969, where the Liotta-Cooley artificial heart
was implanted in a patient, a landmark event that fueled decades of innovation [25]. Un-
like LVADs, a TAH replaces both the left and right ventricles of the native heart, offering
a complete mechanical solution for biventricular failure. To better understand the cur-
rent landscape and the technological obstacles that fuel the search for new solutions, it
is helpful to examine some of the leading TAH systems in more detail. Devices such as
SynCardia [26], Carmat (Aeson Heart) [27], BiVACOR [28], and RealHeart [29] each em-
body distinct engineering philosophies and innovative features, yet they are all still con-
strained by important limitations: device size, biocompatibility, infection risk from percu-
taneous connections, mechanical complexity, and the challenge of replicating physiolog-
ical heart function. These persistent hurdles drive the ongoing exploration of alternative
approaches—including the integration of soft robotics, tissue engineering, and wireless
energy transfer—as potential solutions to finally deliver a viable TAH suitable for long-
term, destination therapy.

The following sections provide an overview of these prominent TAH designs, highlight-
ing their current status, unique attributes, and the key limitations that still need to be
addressed.

1.3.1. SynCardia TAH

The SynCardia TAH is the most established artificial heart currently in clinical use. Orig-
inally developed in the 1980s as Jarvik-7 [30, 31] and refined over subsequent decades,
the SynCardia device is a pneumatically driven, pulsatile pump that replaces both ven-
tricles and all four heart valves. It is currently the only FDA-approved device capable
of completely replacing both ventricles in patients with end-stage biventricular HE with
over 2,000 implants performed worldwide to date [32]. Despite its crucial role as a bridge
to transplantation, its clinical use is limited by significant challenges, including a high
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incidence of complications such as thromboembolic events, bleeding, and infections—
particularly those related to its percutaneous driveline system [33]. To expand its appli-
cability, a smaller 50cc version has recently been developed, allowing implantation in pa-
tients with smaller body sizes who were previously ineligible for the standard device [34]
Furthermore, while widely utilized in the United States, the SynCardia TAH remains less
available internationally and is not approved as a permanent alternative to transplanta-
tion due to associated risks and limited long-term outcome data.

1.3.2. Carmat (Aeson Heart)

The Carmat TAH [27], also known as the Aeson heart, represents a newer generation of ar-
tificial hearts aimed at addressing some limitations of older devices like SynCardia. Devel-
oped in France, the Aeson heart combines mechanical components with biological mate-
rials, including bovine pericardial tissue for blood-contacting surfaces to improve biocom-
patibility and reduce thrombogenicity [35]. Unlike the SynCardia pneumatic mechanism,
the Aeson heart uses hydraulic actuation to generate pulsatile flow, with integrated sen-
sors to adjust flow rates dynamically in response to patient needs. The device has received
conditional approval for commercial sale in Europe as a bridge to transplant and has be-
gun early clinical trials in the United States [36]. Nevertheless, the Aeson heart remains
relatively large and complex, requiring careful patient selection due to size constraints. Its
reliance on an external power supply via percutaneous drivelines also poses infection risks,
and long-term durability data remains limited.

1.3.3. BiVACOR TAH

BiVACOR is continuous-flow TAH based on a rotary, centrifugal pump design with a sin-
gle spinning rotor suspended by magnetic levitation [37]. the BiVACOR system aims to
generate both left and right ventricular flows by dynamically shifting the rotor axial posi-
tion to balance systemic and pulmonary circulations [38]. This novel approach promises
a smaller device footprint and reduced mechanical wear, potentially offering a fully im-
plantable solution even for smaller patients. However, the BiVACOR heart is still in
early feasibility testing stages. Despite its innovative design, the BiVACOR operates us-
ing continuous-flow technology, the long-term physiological effects of which remain un-
known.

1.3.4. RealHeart TAH

The Realheart TAH is engineered to replicate the natural hearts pumping function by in-
corporating both atrial and ventricular chambers. Its operation relies on the movement
of the atrioventricular plane, driven by electromagnetic force, which shifts blood from the
atria into the ventricles and subsequently propels it into systemic circulation. Although
the device shows promise [29], it remains under development, with limited experience in
human implantation, and its long-term durability and clinical performance have yet to be
fully established. Furthermore, its physical size may limit implantation in smaller patients,
highlighting the need for ongoing design refinements to broaden its applicability.
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Over the past decade, the field of soft robotics has emerged as a transformative paradigm
in engineering and biomedical applications [39]. Unlike traditional rigid mechanisms, soft
robots are constructed from compliant, deformable materials capable of safe and adapt-
able interactions with complex, dynamic environments [40, 41]. This adaptability makes
soft robotics especially attractive for applications where devices must interface intimately
with human tissues, such as wearable exosuits [42, 43], minimally invasive surgical tools
[44], rehabilitation devices [45, 46], and more recently, implantable devices [47-49]. In re-
cent years, soft robotics has emerged as a rapidly growing and highly promising field, gen-
erating significant excitement for its potential applications as simulators or in the treat-
ment of CVDs, where its biomimetic motion and gentle tissue interactions offer distinct
advantages over traditional mechanical systems [48-54].

In 2017, a pneumatically driven soft TAH (sTAH) was produced using 3D-printing and
lost-wax casting, and tested in a hybrid mock circulation, achieving a blood flow of 2.2
I/min against a mean aortic pressure of 48 mmHg. Although the device successfully repli-
cated physiologically shaped blood flow and pressure signals by mimicking natural heart
motion, the achieved cardiac output was insufficient to sustain normal physiological af-
terloads. Additionally, the device operated reliably for only about half an hour, falling sig-
nificantly short of the performance expected for a TAH [50]. In a later study, same group
investigated the long-term performance of a pneumatically actuated soft pump (SP) de-
signed using rubber compression technology, achieving over one million cycles and trans-
porting more than 140,000 L of fluid in under 12 days. However, performance testing on
a hybrid mock circulation showed flow rates of 1.8 1/min against 10 kPa (75 mmHg) [51].
Both devices mentioned above, were not able to provide sufficient cardiac output against
physiological afterloads. In another study, a novel sTAH was developed that achieved a
cardiac output exceeding 16 1/min at 60 bpm under physiological pressures in a mock cir-
culation and maintained continuous operation for 110,000 cycles [52]. However, despite
delivering sufficient cardiac output against physiological afterload, the device required rel-
atively high input pressures of 150-200 kPa, resulting in low overall efficiency.

Soft actuators are capable of replicating the hearts natural deformation and contrac-
tion patterns, offering the potential to reduce blood damage and enhance hemodynamic
performance. In a recent study, researchers developed a bioinspired soft robotic left ven-
tricle simulator that mimics the hearts multilayered myocardial architecture using thin-
filament artificial muscles, successfully reproducing ventricular motion with physiologi-
cal ejection fractions [54]. However, the device requires high actuation pressures, limiting
its efficiency [55], and also its operational speed to a maximum of 30 bpm, which falls be-
low physiological heart rates and restricts its utility for simulating the ventricles dynamic
behavior.

Despite these advancements, significant questions remain about how to translate soft
robotic principles into functional, reliable, and efficient TAH systems suitable for human
implantation.
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1.5. Research Gaps and Challenges

While early studies have demonstrated promising prototypes of soft robotic pumps and
even preliminary soft TAH concepts [48-54], key technological challenges persist:

« Size and volumetric constraints: All TAH designs remain bulky because they require
a 1:1 fluidic input-to-output volume ratio, necessitating large fluid reservoirs and high-
powered pumps.

» Power requirements and efficiency: Current soft TAH prototypes often exhibit low
energy efficiency, resulting in high power consumption, which poses significant chal-
lenges for developing practical, long-term implantable systems.

« Complexity and reliability: The intricate designs inherent to many proposed soft
TAH systems increase mechanical and control complexity, leading to a higher probability
of component failure and challenges in long-term reliability.

 Biocompatibility and thrombogenicity: The interaction of soft devices with blood
flow poses risks of thrombus formation unless surface coatings or tissue-engineered lin-
ings are incorporated.

» Wireless energy transfer: Existing TAHs depend on percutaneous drivelines, posing
infection risks and impairing patient freedom. Wireless Transcutaneous Energy Transfer
(TET) systems could eliminate drivelines but require integration with soft robotic systems.

Addressing these challenges is crucial for advancing TAH technology toward the ultimate
goal of destination therapy.

1.6. Scope and Aims of This Thesis

Against this backdrop, my PhD thesis, "Can soft robots donate their heart to humans?
Emerging technologies in total artificial heart development," explores novel solutions to
overcome the limitations of existing TAHs by harnessing the principles of soft robotics.

Specifically, this thesis investigates:

« The historical evolution and current state of TAH development, identifying techno-
logical hurdles and emerging opportunities.

» The mechanical and analytical modeling of soft robotic actuators—particularly elas-
tic pouch motors—and their implications for actuation strategies in cardiac devices.

» Anovel concept for a compact soft robotic TAH, termed the LIMO (Less In, More Out)
heart, that leverages fluidic transmission to reduce device size and improve efficiency.

» The development and proof-of-concept of the Hybrid Heart, a soft robotic TAH plat-
form that integrates soft actuation, biomimetic motion, tissue-engineered linings, and
prospects for wireless energy transfer.

1.7. Objectives

The overarching aim of this thesis is to explore the potential of soft robotics in develop-
ing TAHs capable of replicating human cardiac function and ultimately serving as viable
alternatives for heart replacement therapy. To achieve this aim, the following specific ob-
jectives are pursued:

« To conduct a systematic review of the evolution of TAH technologies, identifying key
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design principles, challenges, and emerging trends, with a focus on the integration of soft
robotic approaches.

» To model and analyze the mechanical behavior of elastic pouch motors, investigating
how different material properties influence performance metrics relevant to its applicabil-
ity as a cardiac device.

« To develop and evaluate a compact soft robotic artificial ventricle utilizing a soft flu-
idic transmission system inspired by pouch motors, assessing its ability to generate suffi-
cient cardiac output against physiological afterloads.

« To propose and characterize the Hybrid Heart concept, integrating soft robotic actua-
tion with biocompatible materials, and demonstrating its capacity to mimic physiological
behaviors such as the Frank-Starling mechanism.

Collectively, these objectives aim to advance the understanding and technological
foundation necessary for realizing soft robotic TAHs suitable for human application.

1.8. Outline of the thesis

The remainder of this thesis has the following structure.

In Chapter 2, a comprehensive review of the development of TAHs is presented, ti-
tled "The ongoing quest for the first TAH as destination therapy". This chapter exam-
ines the historical milestones, fundamental principles, and the limitations of current TAH
technologies, such as high complication rates, device bulkiness, limited durability, and
biocompatibility concerns. Additionally, it explores emerging innovations—including bat-
tery advancements, wireless energy transmission, novel biocompatible materials, and soft
robotics—that hold potential for overcoming the barriers preventing TAHs from becoming
viable destination therapy solutions. The chapter concludes with a discussion of current
challenges and future perspectives in the field.

In Chapter 3, the thesis transitions into the modeling of soft robotic actuators in the
study entitled "Modeling the behavior of elastic pouch motors". This chapter focuses on
the analytical modeling of pouch motors, a class of soft actuators characterized by their
low weight, large stroke, and ease of fabrication. Contrary to prior models that assume
inextensible materials, this work incorporates material stretchability into the analysis, re-
vealing how elasticity imposes critical limits on the maximum contraction and force gener-
ation of pouch motors. The developed model is evaluated through blocked-displacement
experiments using various elastic materials, providing essential insights for optimizing
soft actuator design for cardiac applications.

In Chapter 4, the research advances toward practical device development in the study
"Toward developing a compact total artificial heart using a soft robotic fluidic transmis-
sion system". Here, the thesis introduces the LIMO heart, a novel TAH concept utilizing
an efficient soft fluidic transmission mechanism. By leveraging thin-walled pouch actu-
ators capable of achieving transmission ratios above one through circumferential shrink-
age, the design achieves significant reductions in actuator volume and improvements in
energy transfer efficiency. A rapid prototyping approach enabled swift iteration and test-
ing. This chapter represents a pivotal step toward realizing a compact, soft robotic TAH for
addressing end-stage HE

In Chapter 5, the thesis presents an innovative device concept in the paper "A soft
robotic total artificial hybrid heart". This chapter introduces the Hybrid Heart, a soft



8 1. Introduction

robotic TAH designed to enhance biocompatibility and mimic native cardiac function.
The device integrates a pneumatically driven soft robotic septum with a biocompatible
inner lining derived from supramolecular polymers, which aim to reduce thrombogenic-
ity and support tissue engineering.

In Chapter 6, a general discussion synthesizes the insights gained across all preceding
chapters. This final chapter reflects on the progress achieved in leveraging soft robotics
for TAH development, critically assesses remaining challenges, and outlines directions for
future research. It discusses the feasibility and translational potential of soft robotic TAHs
for clinical use, ultimately addressing the central question of whether soft robots can in-
deed donate their heart to humans.



The ongoing quest for the
first total artificial heart as
destination therapy

Abstract

Patients with end-stage heart disease die because of the scarcity of donor hearts. A total arti-
ficial heart (TAH), an implantable machine that replaces the heart, has so far been success-
fully used in over 2100 patients as a temporary life-saving technology for bridging to heart
transplantation. However, after more than six decades of research on TAHs, a TAH that is
suitable for destination therapy is not yet available. High complication rates, bulky devices,
poor durability, poor biocompatibility and low patient quality of life are some of the major
drawbacks of current TAH devices that must be addressed before TAHs can be used as a desti-
nation therapy. Quickly emerging innovations in battery technology, wireless energy trans-
mission, biocompatible materials and soft robotics are providing a promising opportunity
for TAH development and might help to solve the drawbacks of current TAHs. In this Review,
we describe the milestones in the history of TAH research and reflect on lessons learned dur-
ing TAH development. We summarize the differences in the working mechanisms of these
devices, discuss the next generation of TAHs and highlight emerging technologies that will
promote TAH development in the coming decade. Finally, we present current challenges and
future perspectives for the field.

Based on: A. Vis, M. Arfaee, H. Khambati, M. S. Slaughter, J. E Gummert, J. T. B. Overvelde, J. Kluin, The ongoing
quest for the first total artificial heart as destination therapy. nature reviews cardiology, 2022 Dec;19(12):813-828
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2.1. Introduction

Cardiovascular disease is the leading cause of death globally, and heart failure, one of the
end points of cardiovascular disease, affects approximately 2% of the adult population
worldwide [56]. The estimated prevalence of heart failure will increase markedly owing to
the ageing global population. It is predicted that by 2030, more than 8 million people in
the USA (1 in every 33) will have heart failure [57]. Heart transplantation is currently con-
sidered the gold standard treatment for end-stage heart failure. However, a tremendous
shortage of donor hearts exists worldwide. In 2018, more than 2,500 patients were actively
awaiting heart transplantation in the USA alone [58]. To compensate for this shortage, me-
chanical devices to support the failing heart, such as left ventricular assist devices (LVADs),
have been widely implanted over the past two decades as an alternative therapy for end-
stage heart failure. At present, over 3,000 LVADs are implanted in North America every year,
either as a bridge to heart transplantation or as destination therapy [59]. LVADs are a treat-
ment option for patients with left ventricular failure but are not suitable for patients with
severe biventricular failure or other conditions that preclude the use of LVADs [60]. Fur-
thermore, LVAD support is associated with poor quality of life and a risk of complications,
such as thromboembolic events, bleeding and driveline* infections [61-64].

A total artificial heart (TAH) is a surgically implanted pump that provides blood cir-
culation and replaces cardiac ventricles that are diseased or damaged [65]. The TAH is
implanted in an orthotopic position and replaces both the left and right ventricle of the na-
tive heart. In 1969, a TAH was implanted in a patient for the first time [25]. However, TAHs
have so far primarily been implanted as a temporary bridging therapy for patients with
advanced heart failure who are awaiting heart transplantation. The SynCardia TAH (Syn-
Cardia Systems, Tucson, AZ, USA) is the TAH that is most frequently implanted as a bridge
to heart transplantation therapy and is under investigation in a clinical trial to assess its
applicability as destination therapy [66]. However, the limitations of the SynCardia device,
which include bulkiness, short durability, high complication rates and low patient qual-
ity of life owing to the need for percutaneous hoses and frequent hospitalizations, have
so far precluded its approval for this indication. An urgent need for destination therapies
for (biventricular) end-stage heart disease exists because the majority of patients have no
prospect of recovery with currently available therapies. The rapidly emerging technolo-
gies in wireless energy transmission, biocompatible materials and soft robotics provide
a promising outlook for TAH development. Many teams across the world have tried dif-
ferent approaches to develop various types of TAHs, of which only a few are still under
development. In this Review, we describe the historical milestones and lessons learned
during TAH development and discuss the current generation of TAHs and the differences
in their working mechanisms. We also highlight new technologies that will promote TAH
development in the coming decade.

*Percutaneous cable that transmits electrical power from an external driver to the internally implanted device
such as a TAH or LVAD.
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2.2. History of TAH development

2.2.1. Animal experiments

The development of TAHs dates back to the previous century. One of the first experiments
with a TAH was reported in 1958, when pioneers Willem Kolff and Tetsuzo Akutsu at the
Cleveland Clinic (Cleveland, OH, USA) implanted a TAH in a dog after removing its native
heart13. The TAH sustained blood circulation in the dog for 90 min [67]. More experi-
ments in dogs were conducted at the Cleveland Clinic in the 1960s, including implanta-
tion of a mechanical TAH with two blood chambers that were alternately emptied by a
motor pendulum [68] and implantation of two different pneumatically driven TAHs [69].
In the same period, Domingo Liotta (School of Medicine, Cordoba, Argentina) implanted
a pneumatic TAH, named the Liotta Heart, in dogs [70]. These experiments inspired more
researchers across the world to start developing TAHs. In Japan in 1963, Kazuhiko Atsumi
(Tokyo University School of Medicine, Tokyo, Japan) developed several types of pneumatic
and mechanical TAH and tested them in 56 dogs [71]. In 1964, a national artificial heart
programme was initiated in the USA, sponsored by the National Heart, Lung and Blood
Institute. This big nationwide project, led by Frank Hastings, aimed to develop novel tech-
nical advances (similar to the aims of the USA space programme) for generating TAHs.
Boosted by the national artificial heart programme, TAH experiments were conducted in
numerous research centres in the USA, such as at the Penn State Milton S. Hershey Medi-
cal Center [72] and the Cleveland Clinic [73].

2.2.2. First TAH implantation in humans

In 1969, Denton Cooley (Texas Heart Institute, Houston, TX, USA) performed the first TAH
implantation in humans, implanting the Liotta-Cooley TAH in a patient aged 47 years11
(Fig. 2.1). The Liotta-Cooley device was a rigid pneumatic TAH with two ventricles im-
planted orthotopically. An external pump moved compressed air into a pneumatic cham-
ber inside the ventricle, which pushed a diaphragm and caused the ejection of blood from
the blood chamber on the other side of the membrane. The Liotta-Cooley TAH supported
the patient for 64 h, after which the patient underwent heart transplantation [25]. The
patient died owing to sepsis 32 h after the heart transplantation. Furthermore, the poor
biocompatibility of the valves and the surfaces that were in contact with the blood might
have contributed to haemolysis and renal impairment [25]. Therefore, although the first
TAH implantation was ground-breaking, it was not considered a success [74]. However,
this first implantation of a TAH in humans proved the concept that such technology could
support a patient as a bridge to heart transplantation. However, the procedure sparked
ethical and legal controversy regarding improper consent and experimentation [75]. In
the years after the first implantation in humans, further research on TAH prototypes was
conducted solely in large animal models by researchers from the University of Alberta (Ed-
monton, Alberta, Canada) [76]; the University of UTAH College of Medicine (Salt Lake City,
UT, USA) [77-80]; the University of Mississippi Medical Centre (Jackson, MS, USA) [81, 82];
the Cleveland Clinic [83, 84]; the Baylor College of Medicine (Houston, TX, USA) [85]; and
the US Atomic Energy Commission (University of UTAH, Salt Lake City, UT, USA) [86-88].
It took 12 years from the first TAH implantation in humans until the next human TAH
implantation in 1981, again at the Texas Heart Institute, when the pneumatic Akutsu III




12 2. Total Artificial Hearts

TAH was implanted as a bridge to transplantation in a man aged 36 years [89]. The Akutsu
I1I TAH worked similarly to the Liotta-Cooley TAH, with two inflatable air sacs to displace
blood. The Akutsu III TAH supported the patient for 55 h, after which the patient received
heart transplantation. However, in the last 27 h before the transplantation surgery, the
patient could not be fully supported by the TAH and died 7 days after the heart transplan-
tation owing to multiorgan failure [89]. The third TAH implantation in humans occurred
in 1982 at the University of UTAH, where William DeVries and Willem Kolff implanted the
Jarvik-7 TAH as destination therapy in a patient aged 61 years with congestive heart failure
[30]. The Jarvik-7 was a pneumatic device with a similar working mechanism to the Liotta-
Cooley TAH. After implantation of the Jarvik-7 TAH, the patient was conscious and able to
communicate with his family. Progressive circulatory shock led to his death 112 days after
TAH implantation [30].

This first successful clinical outcome with the Jarvik-7 TAH encouraged many teams
across the world to continue developing TAHs (Fig. 2.1). Most TAHs developed by the first
pioneers were pneumatically or hydraulically driven; later, researchers developed TAHs
with different working mechanisms. Currently available TAHs can be classified into three
types on the basis of their working mechanism: fluid-driven TAHs, mechanical TAHs and
continuous-flow TAHs (Fig. 2.2), which are discussed below.

2.3. Working mechanisms of TAHs

2.3.1. Fluid-driven TAHs

Fluid-driven TAHs are the oldest type of TAH, with a working mechanism similar to that
of the Liotta-Cooley and Jarvik-7 TAHs. Fluid-driven devices have blood chambers sepa-
rated by a membrane from a chamber filled with fluid (air or liquid). A pressure rise in the
fluid chamber moves the flexible membrane so that the blood chamber empties and the
blood is ejected (Fig. 2.2a). A pump is required to increase the pressure in the pneumatic or
hydraulic chamber. Often, these pumps are placed outside the body, which requires percu-
taneous hoses to move the pressurized fluid from the pump to the TAH. Depending on the
type of pump used in these pneumatic and hydraulic devices, the left and right chamber
eject blood either simultaneously or alternatingly. More recently developed TAHs (such
as the Carmat TAH (Aeson; Carmat, Vélizy-villacoublay, France)) are designed to have the
pump implanted in the body, avoiding the need for percutaneous pneumatic or hydraulic
pressure hoses. However, percutaneous cables to supply power to the TAH are often still
needed.

Historical devices

Several pneumatic TAHs were developed in the 1980s, such as the Brno TAH (Vacord Bio-
engineering Research Company, Brno, Czech Republic) [98], Penn State pneumatic TAH
(Pennsylvania State University, Hershey, Pennsylvania) [99], Phoenix (Southern Taiwan
University, Tainan, Taiwan) [100, 101], Poisk TAH (Institute of Organ and Tissue Transplan-
tation, Moscow, Russia) [102, 103], POLTAH (Artificial Heart Laboratory, Zabrze, Poland)
[104] and Vienna TAH (University of Vienna, Vienna, Austria) [105]. In the same period,
the electrohydraulic TAH (EHTAH) was developed in Japan (Artificial Organs Department,
Osaka, Japan) [106]. Development of the hydraulically driven AbioCor (Abiomed, Danvers,
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Figure 2.1 | Timeline of the milestones in the development of total artificial hearts. All current TAH devices and
the most historically important TAH devices are shown. The red bars represent the period of development and/or
reporting of testing results in literature for each TAH. CFTAH, continuous-flow total artificial heart; EHTAH, elec-
trohydraulic total artificial heart; ERTAH, eccentric roller total artificial heart; FTPTAH, flow-transformed pul-
satile total artificial heart; HFTAH, helical flow total artificial heart; LVAD-TAH, total artificial heart made with
two left ventricular assist devices; UPTAH, undulation pump total artificial heart. Images reproduced with per-
mission from ref.[90], Springer Nature (AbioCor); ref.[91], Science Museum Group/Academic (Akutsu III); ref.[92],
Wiley (BiVACOR); ref.[27], Carmat/OUP (Carmat TAH); ref.[93], Springer Nature (Cleveland CFTAH); ref.[94], Wi-
ley (HFTAH); The Board of Trustees of the Science Museum (Jarvik-7); ref.[25], Elsevier (Liotta-Cooley TAH);
ref.[95], Wiley (OregonHeart); ref.[96], Wiley (Realheart TAH); and ref.[97], Elsevier (SynCardia).
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MA, USA) started in the 1990s [91, 107, 108]. AbioCor was the first fully implantable sys-
tem designed without any percutaneous cables; it consisted of four internal components
and a transcutaneous energy transfer (TET) system”. The characteristics of all the TAHs
discussed in this Review are summarized in Table 2.1.

Current devices

Two fluid-driven devices, SynCardia [34] and the Carmat TAH, are currently in use as a
bridge to transplantation and are undergoing further evaluation as destination therapy.
Another fluid-driven TAH, SoftHeart (ETH Zurich, Zurich, Switzerland) [50], is currently
under development. The working mechanism of these three prototypes is very similar to
the earliest devices, such as the Liotta-Cooley and Akutsu III TAHs.

The history of the development of SynCardia dates back 40 years to 1982, when Kolff
and DeVries performed the first successful implantation of a TAH in a patient [30]. This
TAH, the Jarvik-7, is now known as SynCardia. SynCardia is a pneumatically driven TAH
consisting of two independent ventricles that collect and eject blood simultaneously in a
pulsatile manner. A four-layer polyurethane membrane separates the blood in the ventri-
cle from the pneumatic chamber. The pressures in the pneumatic chamber are generated
by a pump placed outside the body and connected via percutaneous drivelines. SynCar-
dia is the first TAH that received CE approval (in 1999) and FDA approval (in 2004) for
temporary use as a bridge to heart transplantation in eligible candidates who are at risk of
imminent death from end-stage biventricular failure [109]. This TAH has been implanted
in over 2100 patients worldwide [110].

The Carmat system is a hydraulic TAH developed in France that received CE approval
as a bridge to transplantation therapy in 2020. The Carmat TAH consists of left and right
blood chambers separated from the hydraulic pressure chamber by a two-layer biocom-
patible membrane made from bovine pericardium. The pumps that pressurize the hy-
draulic pressure chambers of the Carmat TAH are built within the TAH itself, making this
device larger than SynCardia. Furthermore, the Carmat TAH ejects blood from the left
and right blood chambers alternatingly. Although percutaneous pressure hoses are not
required to pressurize the hydraulic chamber, the Carmat system requires percutaneous
cables to deliver the required electrical power to the TAH. The Carmat TAH has been im-
planted as a bridge to transplantation in 24 patients in clinical trials (as of February 2022)
[111]. SoftHeart is a pneumatically driven TAH entirely made of silicone rubber (except for
its mechanical heart valves), and is the only completely soft TAH developed so far. Soft-
Heart has been tested only in vitro [50, 52]. Although the durability of SoftHeart has been
improved compared with earlier iterations, it is still limited to only 110,000 cycles (approx-
imately 30 h) [50, 52].

*A wireless power delivery system that uses magnetic fields to transfer power across the skin without the need for
direct electrical connectivity.
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2.3.2. Mechanical TAHs

The functionality and clinical applicability of fluiddriven TAHs were demonstrated in the
early 1990s, but some of their disadvantages also became apparent. These TAHs were
bulky, had poor durability and required percutaneous air pressure hoses and external
drivers, which led scientists to explore alternative working mechanisms and shift the fo-
cus to mechanically actuated TAHs [139]. Mechanically actuated TAHs have many simi-
larities to fluid-driven TAHs: both have two chambers to collect and eject blood, and inlet
and outlet valves to direct the flow (Fig. 2.2b). Like fluid-driven TAHs, mechanical TAHs
have a moving membrane to empty the blood chambers. However, instead of emptying
the blood chambers with the use of pressurized gas or liquid (as in fluid-driven devices),
mechanically actuated TAHs have an electric motor that drives a pusher plate against the
blood chambers. Compared with fluid-driven TAHs, mechanical TAHs are less bulky and,
most importantly, do not require large external drivers.

Historical devices

Multiple mechanical TAHs were developed in the 1990s by different teams and institutions:
AnyHeart (Seoul University, Seoul, South Korea) [112-114], Baylor TAH (Baylor College of
Medicine) [115, 116], Cleveland Nimbus (Cleveland Clinic) [121, 122], eccentric roller TAH
(Hiroshima University, Hiroshima, Japan) [123], Linear TAH (Shinshu University, Nagano,
Japan) [127, 128], MagScrew (Cleveland Clinic) [129], Milwaukee Heart (Milwaukee Heart
Project, Milwaukee, WI, USA) [130], Ovalis (Humboldt University, Hamburg, Germany)
[132] and Penn State electric TAH (Pennsylvania State University) [133]. These TAHs can
be classified on the basis of their working mechanism as TAHs with mechanical actuation
parts with either linear or rotary motion.

Current devices

We have identified three mechanically actuated devices that are still under development:
Realheart TAH (Linkdping University, Linkdping, Sweden) [134, 135], ReinHeart (Helmholtz
Institute, Aachen, Germany) [136] and RollingHeart (University of Lausanne, Lausanne,
Switzerland) [137]. None of these devices has been assessed in clinical trials. Realheart
and ReinHeart are fully implantable systems, including a TET system and internal battery
packs. Both TAHs are actuated with magnets and are being assessed in animal studies. The
RollingHeart is a mechanically actuated TAH developed in Switzerland and has only been
tested in vitro. This TAH has a spherical shape, and two moving disks divide the spherical
cavity into four chambers. An electrical motor moves the disks and thereby changes the
volume of the chamber over time, which enables the filling and ejection of the blood. The
design is unique because it does not require any valves. However, issues in the design of
this TAH related to the recirculation and mixing of oxygenated with deoxygenated blood
need to be addressed [137].

2.3.3. Continuous-flow TAHs

A major disadvantage of the above-mentioned fluid-driven and mechanical devices is that
they require several indispensable components, such as blood collecting chambers, flexi-
ble membranes and valves. As a result, these devices are often bulky and usually do not fit
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Figure 2.2 | Working mechanisms for different types of total artificial hearts. a | Fluid-driven total artificial
hearts (TAHs) are composed of blood chambers and pneumatic or hydraulic chambers, which are separated
by a membrane. A pump moves pressurized air or liquid into the pneumatic or hydraulic chambers, which
moves the membrane and causes the ejection of the blood in a pulsatile manner. In the example shown in the
figure, blood is ejected from both blood chambers alternately; however, some devices eject blood simultaneously
from both chambers. The pump that moves the air or fluid can be implanted in the body or can be placed
externally. For the latter, percutaneous hoses are required. Phase 1 shows the filling of the right blood chamber
and the ejection of the left blood chamber. In phase 2, the pump rotates in the opposite direction, resulting in
the filling of the left blood chamber and the ejection of the right blood chamber. b | Mechanical TAHs have two
blood chambers and a mechanical motor, separated by a membrane. A motor pushes a mechanical part (pusher
plate) against the membrane so that blood is ejected from that blood chamber. In the example, blood is ejected
from the blood chambers alternately; however, some devices eject blood simultaneously from both chambers.
In phase 1, the mechanical motor moves the pusher plate against the membrane of the left chamber, which
ejects blood while the right chamber fills. In phase 2, the mechanical motor moves the pusher plate against the
membrane of the right chamber, which ejects blood while the left ventricle fills. ¢ | Continuous-flow TAHs have
two continuous-flow pumps that pump blood continuously in one direction. Valves are usually not required.
There is no filling or ejection phase because the blood is continuously being pumped. CFTAH, continuous-flow
total artificial heart; EHTAH, electrohydraulic total artificial heart; ERTAH, eccentric roller total artificial heart;
FTPTAH, flow-transformed pulsatile total artificial heart; HFTAH, helical flow total artificial heart; LVAD-TAH,
total artificial heart made with two left ventricular assist devices; UPTAH, undulation pump total artificial heart.
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inside petite patients, such as children and some women. The flexible membranes present
in these devices are often prone to wear and tear because they deform with every heart-
beat (about 35 million times a year). Continuous-flow pumps were introduced as an al-
ternative to traditional pulsatile devices. Because blood is pumped continuously in these
devices, they do not require valves, membranes or blood collecting chambers. Therefore,
continuous-flow TAHs are smaller and lighter than other types of TAHs. In addition, their
lifetime is longer owing to the absence of flexible membranes and the continuous rota-
tion of their motors in a single direction. In the past two decades, substantial progress
has been achieved in the field of continuous-flow LVADs, whose efficacy has been proved
in clinical trials [140]. The longest reported duration of LVAD support without mechan-
ical failure is 13 years [140, 141]. These positive results inspired many TAH researchers
to use continuous-flow pumps for TAH development, mainly because of their superior
power-to-size ratio and durability compared with fluid-driven and mechanical TAHs. Af-
ter implantation of a regular continuous-flow LVAD, some blood flow pulsatility remains
because the native heart is left in place. By contrast, continuous-flow TAHs eject blood
continuously and generate a true continuous blood flow. Given that the physiological re-
sponse to long-term continuous blood flow is unclear [142, 143], most of the investigators
developing continuous-flow TAHs are exploring the possibility of modulating the flow to
provide some level of pulsatilily. So far, achieving the same pulsatility index as with the
native heart or the pulsatile TAHs has not been possible.

Historical devices

The first continuous-flow TAHs were developed in the 1990s. We have identified three
continuous-flow TAH devices, which are no longer in use: the flow-transformed pulsatile
TAH (University of Tokyo, Tokyo, Japan) [124], the undulation pump TAH (UPTAH) (Uni-
versity of Tokyo, Tokyo, Japan) [138] and the Impeller TAH (Jiangsu University, Zhenjiang,
China) [126].

Current devices

Although IVADs were developed to assist the native left ventricle, these devices are power-
ful enough to take over the function of the native ventricle completely. Therefore, several
research groups have investigated the efficacy of two commercially available LVADs (such
as HeartMate II, Heartmate III, HeartWare HVAD, Jarvik 2000 and HeartAssist 5) combined
into a TAH configuration after removing the native heart [144-153]. The configuration of
two LVADs functioning as a TAH has been tested in animal studies and clinical trials [144—
153]. In this Review, we refer to the configuration of two commercially available LVADs
functioning as a TAH as LVAD-TAH. Many TAH developers have used continuous-flow
pump technology to develop custom-built TAH devices. Several continuous-flow TAHs
are currently under development: BiVACOR (BiVACOR, Houston, TX, USA) [117], Cleve-
land continuous-flow TAH (CFTAH) [93, 120] and helical-flow TAH (HFTAH) (University of
Tokyo, Tokyo, Japan) [94] are being assessed in chronic animal experiments, and Hybrid
CFTAH (Drexel University, Philadelphia, PA, USA) [125] and OregonHeart (OregonHeart,
Portland, OR, USA) [95, 131] are undergoing in vitro testing.
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2.3.4. Balancing right and left cardiac outputs of TAHs

A major issue that must be addressed for successful TAH implantation is the balancing
of the right and left cardiac outputs [74]. In a physiological setting, the cardiac output of
the left ventricle is slightly greater than the cardiac output of the right ventricle [154], be-
cause part of the oxygen-rich blood from the aorta goes into the bronchial arteries that
supply the lung parenchyma, which then drains back to the left atrium [155, 156]. There-
fore, part of the blood ejected by the left ventricle returns to the left atrium without passing
through the right circulation, resulting in a larger systemic flow than pulmonary flow. In
healthy individuals, the bronchial shunt” flow is approximately 1% of the cardiac output
[155]. However, various pulmonary diseases increase the bronchial shunt flow to up to
one-third of the left ventricular output [155]. A study showed that three out of five pa-
tients with an implanted AbioCor TAH had increases in bronchial flow of up to 1.4 1/min,
which is 28% of a cardiac output of 5 1/min [157]. The native heart continuously balances
the systemic and pulmonary flows by ventricular interdependence, via the Frank-Starling
mechanism' [154], but this balancing mechanism is difficult to implement in TAHs. If a
TAH cannot compensate for flow differences in venous return, severe complications such
as lung oedema and respiratory failure will arise [74]. Therefore, balancing the outputs to
the systemic and pulmonary circulations during TAH support is one of the biggest chal-
lenges in TAH design [74, 158].

Pulsatile TAHs can alter the stroke volume of one of the blood chambers if a sudden
change in atrial pressure occurs. The stroke volume can be adjusted in two ways: by ad-
justing the filling volume inside the chamber or by adjusting the ejection fraction. This
adjustment is an active process that requires either manual control or automatic control
by feedback from incorporated sensors. In the Carmat system, many internal electron-
ics, microprocessors and sensors are needed to constantly monitor different internal pres-
sures, as well as an ultrasound transducer to monitor the position of the membrane [159].
In SynCardia, the system parameters are manually set to fill the ventricles to 70-85% of
their capacity, to create a buffer that passively enables the augmentation of venous re-
turn [97]. As aresult, SynCardia is sensitive to preloadi, demonstrating Frank-Starling-like
behaviour under normal conditions [97]. Therefore, Syncardia can provide increased out-
put in response to increased preload. However, the shape of the Syncardia Frank-Starling
curve differs from that of the human heart, because this TAH is inelastic [97, 160]. Rein-
Hearts design uses the concept of passive and active limitation of the right-sided filling, in
combination with the right ventricle having a fixed volume that is 10% smaller than that
of the left ventricle [161].

A balancing mechanism is also required for continuous-flow TAHs, because a sud-
den drop in atrial pressure quickly results in negative atrial pressures (suction event).
Continuous-flow TAHs that have two separate pumps for the left and right circulation
(such as in the LVAD-TAH, Hybrid CFTAH and HFTAH) have some inherent flow-balancing
capacity [94, 125, 158]. However, a study testing the performance of several types of
continuous-flow TAHs made from two separate pumps in an in vitro set-up in which sys-
temic and pulmonary resistance were changed to mimic the human cardiovascular system

*The physiological passage of oxygenated blood from the aorta to the bronchial circulation. This blood returns
directly to the left atrium, thereby bypassing the right side of the heart.

This law states that the stroke volume of the heart increases in response to an increase in the volume of blood
in the ventricles before contraction (the end diastolic volume), when all other factors remain constant.

The filling pressure of the ventricle at the end of diastole, which is determined by the atrial pressure.
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during daily activities showed that, although all the devices had some flow-balancing ca-
pacity, none was able to accommodate all resistance settings [158]. Cleveland CFTAH, Bi-
VACOR and OregonHeart use a single moving rotor to perfuse the pulmonary and systemic
circulations. The rotor of the OregonHeart is typically set to pump 60% of each beat time to
the left circulation and 40% to the right circulation, but this ratio can be adjusted manually
to meet the needs of a wide range of physiological conditions101. BiVACOR incorporates
an axial magnetic levitation system, which enables active control of the position of the
single moving rotor [117]. A leftward shift of the rotor causes an increase in left-sided flow
[117]. The Cleveland CFTAH uses a similar mechanism, but in this TAH, the rotor can have
passive axial movements inside the stator®, enabling the TAH to balance the left and right
outputs passively, without any sensors [162]. The axial position of the rotor is determined
by the pressure gradient between the left and right blood chambers. When the pressure
drops in one of the blood chambers, the rotor passively moves to that side, which helps to
prevent atrium wall suction and balances the cardiac outputs [162]. This low-complexity
passive feedback mechanism inherently reduces the risk of device failure compared with
the complex active feedback mechanisms in other TAHs.

2.4. Chronic animal trials

Chronic animal trials are an important step in the preclinical testing of new TAHs. Chronic
animal trials have been conducted for AbioCor, AnyHeart, Baylor TAH, BiVACOR, Brno
TAH, Carmat TAH, Cleveland CFTAH, Cleveland Nimbus, EHTAH, HFTAH, LVAD-TAH,
MagScrew, Penn State electric TAH, Penn State pneumatic TAH, Phoenix, ReinHeart, Syn-
Cardia, UPTAH and Vienna TAH (Table 2.2). Calves are the most frequently used animal
model for TAH implantation, followed by goats and sheep. In most of the older chronic an-
imal trials, the animal was implanted with a TAH and was followed up until death. In con-
temporary studies, researchers often terminate the experiments after a given follow-up
period (usually 30-90 days, according to FDA regulations), by taking out the TAH. For the
latter studies, elective termination is assigned as the cause of death in Table 2.2. Neverthe-
less, the follow-up time in chronic animal trials is often short. Only ten TAH devices were
associated with a maximum survival time exceeding 100 days (AbioCor [163], Brno TAH
[98], Cleveland Nimbus [164], EHTAH [165], HFTAH [94], Penn State electric TAH [166],
Penn State pneumatic TAH [99], SynCardia [79], UPTAH [138] and Vienna TAH [105]) and
only one device was associated with a maximum survival time of over a year (Penn State
electric TAH) [166]. Overall, the most frequently reported cause of death in chronic animal
trials is mechanical failure of the device. Examples of mechanical failure that occurred in
chronic animal trials include an electrical short circuit caused by fluid entering the elec-
tronics, dislocation of TET coils, obstruction of the inflow or outflow grafts of the TAH,
membrane ruptures, air leakage in pneumatic devices, failure of the implantable battery
and a defect or lock in pump bearings [80, 94, 129, 138, 152, 165, 167-170]. The second-
and third-most frequently reported reasons of death are thromboembolic complications
and respiratory failure, respectively.

SThe stationary part of a rotary machine or device.




22 2. Total Artificial Hearts

2.5. Clinical trials

Since the first successful implantation of a TAH in humans in 1982, a total of nine dif-
ferent TAH devices have been assessed in patients in clinical trials: AbioCor, Brno TAH,
Carmat TAH, LVAD-TAH, Penn State pneumatic TAH, Phoenix, Poisk TAH, SynCardia and
Vienna TAH (Table 2.3). These TAHs are pneumatic or hydraulic pulsatile devices, except
the continuous-flow LVAD-TAH.

2.5.1. Early studies in humans

Several fluid-driven TAHs were tested in humans in the 1980s and 1990s. Overall, the out-
comes were poor, and many patients died within the first days after receiving a TAH or
could not successfully receive a heart transplant [31, 171, 172]. The Brno TAH, developed
in the Czech Republic, was implanted in six patients [171]. All patients died of serious com-
plications related to poor device biocompatibility, with a maximum survival of 10 days
[171]. The Phoenix TAH was implanted in two patients [31, 173]. One patient received a
heart transplant on the same day as TAH implantation but died 1 day after receiving the
heart transplant [31]. The other patient was successfully bridged to heart transplantation
after 15 days of support with the Phoenix TAH [173]. The Poisk TAH was developed in
Russia and has been implanted in 13 patients [172]. Of these patients, 12 died during sup-
port with the Poisk TAH, for unknown reasons. The maximum period of support was 15
days [172]. The Vienna TAH was implanted in five patients, and three of these patients
were successfully bridged to heart transplantation [105, 174]. The maximum duration of
support was 22 days [105, 174]. The Penn State pneumatic TAH was implanted in three pa-
tients [99]. Two of the patients were bridged to heart transplantation, and the third patient
did not receive a heart transplant because a suitable donor was not found. After 70 days
of support, the patient had a cerebrovascular accident, manifested by aphasia. The TAH
support stopped on day 379 when this patient had a respiratory arrest and could not be
resuscitated [99].

2.5.2. Latest clinical trials

AbioCor, the first fully implantable TAH that used a TET system, was implanted in 14 pa-
tients between 2001 and 2003 [91]. The maximum duration of support was 512 days, which
occurred in a patient who died owing to a membrane rupture in the device [175]. The most
frequently observed causes of death were thromboembolic complications and multiorgan
failure [175]. The development of AbioCor stopped in 2007 owing to concerns related to
the high number of patients who died because of complications of stroke (caused by an
ineffective anticoagulation regimen), the low quality of life of the patients and the poor
commercial viability [74].

Since 2011, several teams worldwide have studied the use of a combination of two
commercially available rotary IVADs (HeartMate II, HeartMate III or HeartWare HVAD)
adapted to a TAH configuration to replace the native heart completely [145, 146, 148-150,
153]. These LVAD- TAHs have been implanted in nine patients [145, 146, 148-150, 153],
with a maximum reported duration of support of 6 months [148]. The most frequently
reported complications were related to thromboembolic and haemorrhagic events [145,
146, 148-150, 153].
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The pneumatically actuated SynCardia, the first TAH that became commercially avail-
able as a bridge to transplantation therapy, is currently available in two sizes (70 cm3 or
50 cm3 ventricles), which enables its implantation in patients of various body sizes. The
youngest recipient of a 50 cm3 SynCardia is a boy aged 10 years [208]. So far, Syncardia has
been implanted in over 2100 patients worldwide, with a maximum reported duration of
support of 4.5 years receiving permanent SynCardia support [110]. Despite the poor prog-
nosis that the SynCardia recipients have before TAH implantation, the long-term survival
of recipients of a heart transplant after temporary support with SynCardia is encouraging
and comparable with the long-term survival of recipients of a heart transplant who did not
receive SynCardia support [209]. Twelve months after the SynCardia implantation, 55% of
the patients had received heart transplantation, 14% were still supported by the SynCar-
dia device and 31% died before undergoing a heart transplantation [199]. SynCardia is
currently being evaluated in an approved investigational device exemption! clinical trial
for use as destination therapy [66].

The care of patients receiving SynCardia support remains challenging [209]. The per-
cutaneous hoses are frequently associated with driveline infections, and the TAH material
itself often causes mediastinitis and constrictive pericarditis [209]. The period after heart
transplantation is associated with a high risk of (temporary) haemodialysis owing to im-
paired renal perfusion and postoperative compression of the donor heart [209]. The risk
of post-transplantation complications increases with prolonged TAH support [209]. The
most frequently reported causes of death during support with a SynCardia device are mul-
tiorgan failure (40%), thromboembolic complications (13%) and infection (10%) [199-206].
Although minor device malfunctions are frequently described in the literature, severe de-
vice malfunctions that lead to death are rare (<2% of the deaths during SynCardia support)
[199-206].

The hydraulic TAH developed by Carmat received CE approval as bridge to transplan-
tation therapy in 2020, but the company is continuing clinical research with the aim of
ultimately using the Carmat TAH as destination therapy [111]. The Carmat TAH has been
implanted as a bridge to transplantation in 24 patients (as of February 2022) [197, 198, 207].
Patient enrollment for the second clinical trial on the Carmat TAH is ongoing56. Although
the Carmat TAH was designed to promote biocompatibility, given that its diaphragms and
valves are made from bovine pericardium, all patients must receive a strict anticoagula-
tion regimen [198]. Thus far, the clinical outcomes of 11 recipients of the Carmat TAH
have been described in the literature [197, 198], with a maximum support duration of 308
days [198]. Of these patients, six died during TAH support, and the other five were suc-
cessfully bridged to heart transplantation[197, 198]. The causes of death were multiorgan
failure (50%), mechanical failure (33%) and respiratory failure (17%). No thromboembolic
complications were observed [197, 198].

To date, no TAH has been approved as destination therapy. Only the SynCardia and
Carmat TAH are approved as temporary therapy to bridge a severely ill patient to heart
transplantation. The percutaneous drivelines of both TAHs are associated with low qual-
ity of life and a high risk of infection128. Long-term support with the SynCardia TAH is
associated with serious risks such as stroke and multiorgan failure [200-206, 209].

‘Type of FDA approval that allows the investigational device to be used in a clinical study in order to collect safety
and efficacy data.
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2.6. Technological advances and future perspectives

2.6.1. TET systems to improve quality of life

The TAHs currently available for clinical use (SynCardia and Carmat TAH) have percuta-
neous cables to supply power to the devices. Percutaneous drivelines are associated with
a high risk of infection and reduce the patients quality of life owing to the limited free-
dom of movement of the patient. Therefore, TAH devices intended for approval as desti-
nation therapy should ideally omit these percutaneous cables. Percutaneous cables can
be avoided when all TAH components are implanted inside the body and the electrical
power is wirelessly transferred via a TET system.

A TET system transfers all the electrical power required by the TAH across the patients
skin via an internal and external coil. Part of this energy is stored in internal battery packs,
enabling the patient to have free-from-charging periods. In the past decade, batteries have
become smaller and have longer battery life, enabling implantation in the body. In addi-
tion to small and high-capacity batteries, high efficiency of the TAH is also essential when
energy is provided through a TET system. Figure 2.3 shows the efficiencies of all types of
TAH. The methodology we used to calculate the efficiencies is described in Box 1.

Generally, fluid-driven TAHs are slow systems because they first have to move fluid
or air to empty the blood-containing chambers. Therefore, emptying the chambers in
fluid-driven systems is easier and more efficient at low beat rates than at high beat rates.
Fluid-driven TAHs generally show a decline in efficiency at high beat rates. For exam-
ple, the efficiency of the hydraulic EHTAH declines at cardiac outputs exceeding 6 1/min
(Fig. 2.3a). Like fluid-driven TAHs, mechanical TAHs also have blood chambers, and
higher cardiac output can be achieved by maximizing stroke volume and, if needed, by
increasing the beat rate. In general, mechanical TAHs become more efficient at higher
beat rates and, therefore, at higher cardiac outputs (Fig. 2.3b). The highest efficiency re-
ported for mechanical TAHs is often reached at a cardiac output of approximately 10 1/min
[112, 116, 121, 123, 129, 130]. Compared with pulsatile devices, continuous-flow devices
do not have blood-collecting chambers because they pump blood continuously. In gen-
eral, the efficiency of continuous-flow pumps increases with higher cardiac outputs. The
optimal efficiency of most continuous-flow TAHs is at a much higher cardiac output than
the average cardiac output of 5 1/min (Fig. 2.3c).

Prolonging the free-from-charging periods during support with
TAHs using TET systems

Efficient TAHs prolong the period that the patient can engage in activities without charg-
ing the TAH, which will improve the quality of life of TAH recipients in the future. The
most up-to-date battery technology used for TET systems in TAHs has been described
by the team developing ReinHeart [210]. The ReinHeart system has implantable 12 volt
lithium-iron-phosphate batteries with 1.1 Ah capacity [210]. We have used this battery
as a standard to compare the running time (defined as the maximum time in which the
TAH recipient can engage in activities without charging the TAH) of current TAHs if they
hypothetically had TET systems with this specific internal battery capacity (Fig. 2.3d). The
running time was calculated for a cardiac output of at least 5 I/min against a physiological
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mean left afterload! (=90 mmHg). The data show that current TAH devices can hypothet-
ically support the patients with a physiological cardiac output for approximately 1 h with
the current battery technology (Fig. 2.3c; Table 2.4). For reference, the AbioCor (implanted
for the first time in 2001) had the capacity to support the patient for up to 20 min without
connection to a power source [108]. Our comparison results suggest that continuous-flow
devices (Cleveland CFTAH and OregonHeart) are better than mechanically actuated de-
vices in terms of their working time with internal batteries alone because continuous-flow
TAHs require less input power than other TAH types to generate a higher cardiac output
(Fig. 2.3d). Among continuous-flow devices, OregonHeart performs slightly better than
the Cleveland CFTAH with regards to efficiency and the required input power (Fig. 2.3d).
The mechanical ReinHeart has a relatively high power consumption (12.5 W) and provides
less cardiac output than the other four TAHs analysed, resulting in the lowest efficiency
(10.8%).

Box 1 | Calculation of TAH efficiencies

To compare the efficiency of the different types of total artificial heart (TAH) shown
in fig. 2.3, we used a consistent measure of the power consumed by the TAH (input
power) and the amount of work (output power) performed by the TAH to pump
blood against physiological pressures. The numerical value of the output power is the
product of the difference in outlet and inlet pressure (pressure head) and the flow of
blood generated by the heart (cardiac output). For pulsatile TAHs, we calculated the
pressure head as the difference between the mean afterload and the intraventricular
pressure. We assume that during diastole, the pressure inside the TAH ventricle
drops to near 0 mmHg, as in the native heart [211]. For continuous-flow TAHs, we
calculated the pressure head as the difference between the mean afterload and the
mean preload. We have used the following equation to calculate the output power of
the TAHs:

Output power = Qsys Hsys + Qpui Hpu

where the output power is in watt, Qsys and Qp,; are the resulting cardiac out-
put (in m3/s) for the systemic and pulmonary circulations, respectively, and Hgys
and Hp,, are the pressure heads (in N/ m?) for systemic and pulmonary circulations,
respectively, against which the TAH must pump. The input power to the TAH is an
individual number unique to the device. Therefore, we analysed only the TAHs that
have the corresponding input power reported in the literature. We have used the
following equation for calculating the efficiency () of a TAH on the basis of input
power and output power:

_ Output power
~ Iutput power

x100%

Overall, we can conclude that for most TAHs, either the power consumption or the
efficiency does not yet reach the levels required to use a TET system. To date, the Abio-
Cor is the only fully implantable TAH that used a TET system that has been implanted in
patients. The latest technological advances in TET systems are promising for future TAH

IThe amount of pressure that the ventricle needs to exert to eject the blood during ventricular contraction.
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Figure 2.3 | Efficiency of total artificial hearts. Overall efficiencies of total artificial hearts (TAHs) are depicted
against the cardiac output. The method of calculation for the overall efficiencies of the TAHs is explained in
Box 1. All values are measured under physiological mean left afterload conditions (=90 mmHg). If right after-
load was not reported when tested in a double-sided mock loop, we assumed it to be 20 mmHg. For some
TAH devices, we were not able to obtain data to calculate efficiencies. Data for ReinHeart were shared by the
authors upon request. a | Overall efficiencies for fluid-driven TAHs [106, 213]. b | Overall efficiencies for me-
chanical TAHs [112, 116, 121, 123, 127, 129, 130, 132, 137, 214]. c | Overall efficiencies for continuous-flow TAHs
[94, 117, 126, 184, 195, 212]. d | Running time (defined as the maximum time in which the TAH recipient can en-
gage in activities without charging the TAH) of TAHs developed since 2015 [137, 184, 212], calculated as though
these TAHs hypothetically had transcutaneous energy transfer systems with the internal battery capacity of the
most recently available battery technology (from the ReinHeart system). CFTAH, continuous-flow total artificial
heart; EHTAH, electrohydraulic total artificial heart; ERTAH, eccentric roller total artificial heart; HFTAH, helical
flow total artificial heart; UPTAH, undulation pump total artificial heart.
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Table 2.4 | Power requirements and efficiency of total artificial hearts

running
o, o sy
TAH Type (I/min) (W) (W) (%) charging Refs
(min)
Cleveland Continuous 7.4 12.9 1.7 13.3 61 [184]
CFTAH flow
OregonHeart Continuous _ 100 1.7 17.5 79 [212]
flow
shared
ReinHeart Mechanical 5.5 12.5 1.3 10.8 63 upon
request?
RollingHeart 1o 1anical 5.3 140 20 141 57 [137)

All TAHs currently being investigated with published power requirements are listed. For the TAHs not listed in
the table, no power requirements have been reported in the literature. All parameters were measured at a
physiological mean left afterload (90 mmHg). TAH, total artificial heart. ?Data for ReinHeart was shared by the

authors upon request.

development. Battery technology is rapidly evolving, resulting in more powerful and com-
pact batteries. Powerful implantable batteries will prolong the time frame in which the
patient can be free from having to use an electrical power source for the TAH. Further-
more, improving the overall efficiency of the TAH itself will help to use the stored energy
of the internal battery packs more effectively. Therefore, we expect that transcutaneous
charging of a fully implantable TAH with charging-free periods of >1 h will be feasible in
the near future.

2.6.2. Bioinspired TAHs aim to improve biocompatibility

Since the beginning of TAH development in the 1960s, TAHs have been associated with lim-
ited biocompatibility resulting in frequently occurring pannus and thrombus formation.
Although many attempts have been made to improve the design of TAHs, the biocompat-
ibility issues could not be resolved. By the 1970s, the realization came that no implanted
artificial material will ever come close to the anti-thrombogenic properties of the patients
endothelium. Current TAH devices are still associated with numerous complications re-
lated to biocompatibility. A high number of thromboembolic events have been reported
in clinical trials and animal studies. All TAH recipients require a strict anticoagulation
regimen that results in a high risk of haemorrhagic events. Devices such as the Carmat
TAH improved biocompatibility by using membranes and heart valves containing sheep
pericardial tissue. The available data on the Carmat TAH suggest that patients receiving
a Carmat TAH need less anticoagulation medication than patients receiving a SynCardia
device [198]. Upcoming solutions to address biocompatibility issues can be found in new
developments in biomaterials science. If growing endothelium derived from the patient
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on the blood-contacting surfaces of the TAH becomes possible, this strategy would proba-
bly resolve many biocompatibility issues. The developers of the HybridHeart aim to grow
a layer of patient-derived endothelium on the inside of the soft ventricles with the use of
biofunctionalization™ and in situ tissue-engineering techniques [215]. However, owing to
the large surface area and the continuous movement of the TAH ventricles, applying tissue
engineering techniques on TAH devices remains challenging. Even after five decades of re-
search, we are still far from being able to create a living endothelium inside the ventricles
of a TAH [216].

The interaction of rigid components with the blood is associated with many adverse
effects. These effects have been most widely studied for the rotors in LVAD devices and in-
clude risks of thrombus formation and non-surgical bleeding caused by the device-altered
haemostatic function [64, 217]. The artificial surface of the rotary blood pumps can induce
platelet adhesion, which increases the risk of thrombosis, and the rotating parts can in-
duce loss of haemostasis-related receptors on platelets, which increases the risk of bleed-
ing [217]. Haemolysis is the second-most common LVAD-related complication, presum-
ably caused by the destruction of erythrocytes in the rotating LVAD devices [218]. Prob-
lems related to the incompatibility between hard machines and soft human tissue might
be solved if the machine is as soft as the human tissue. Soft robotics is an emerging re-
search field that focuses on developing robots made of soft materials. In the past year, a
few research groups have shifted their focus to developing TAHs that are completely soft
on the inside and outside, such as SoftHeart and HybridHeart [50, 51, 219]. The primary
benefit of developing soft TAHs is that they mimic the natural movement of the heart, po-
tentially reducing the stress on the blood and thereby resulting in fewer adverse effects
[52].

The second benefit of soft robotic cardiac devices is that they are compliant because
they can stretch, contract or bend. As a result, soft robotic cardiac devices can promote
both the contraction and the relaxation phases of the heart [53]. Owing to its elastic be-
haviour, the ventricle of a soft TAH has higher passive filling and contracts more forcefully
at high filling pressures than at low filling pressures. Therefore, the soft robotic cardiac de-
vice passively ejects higher cardiac outputs at larger end-diastolic volumes, like the Frank-
Starling mechanism of the native heart. This compliance is inherent to soft robotic cardiac
devices [220] and works without the need for any sensors or manual control. A soft robotic
cardiac sleeve developed in 2017, the first soft robotic cardiac assist device under develop-
ment, shows Frank-Starling behaviour [53]. This Frank-Starling mechanism could mean
that the expansible volume capabilities of future soft robotic TAHs can balance the left and
right outputs to achieve Frank-Starling curve behaviour that resembles human physiology.

Given that TAHs need to work for a high number of cycles (one cycle for every heart-
beat), achieving high durability and reliability remains a major challenge for TAH develop-
ment. The SoftHeart had a maximum working duration of 110,000 cycles (approximately
30 h), after which a fatigue crack caused device failure [52]. Although current soft TAHs are
at early development stages, with future optimization their benefits might outweigh those
of traditionally rigid TAH devices.

**The modification of a material to add a biological function, such as replace or repair, while at the same time
being accepted by the host organism.
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2.7. Conclusions

After more than six decades of TAH research, TAHs have been successfully used in over
2200 patients as a bridge to heart transplantation, but a TAH suitable for destination ther-
apy has not yet been developed. Some of the major drawbacks of current TAHs are high
complication rates, bulkiness, short durability, poor biocompatibility and low quality of
life for the patients. These issues need to be resolved before the potential of TAHs as desti-
nation therapy can be realized. Nevertheless, the field of TAH research is rapidly evolving,
and various approaches are emerging that could potentially improve the quality of life of
TAH recipients. With the development of TET systems and improved TAH efficiency, per-
cutaneous cables will no longer be necessary to provide electrical power to the implanted
TAH. The field of battery technology is continuously improving, delivering more compact
batteries that are easier to implant internally and that prolong the period during which the
patient can engage in activities without charging the TAH. New insights into soft robotics
might result in the development of completely soft TAHs that reduce the occurrence of
adverse effects associated with traditionally rigid TAHs. Meanwhile, smart biomaterials
might solve current biocompatibility issues. In the future, these new technologies have
the potential to enable the development of the first TAH approved for destination therapy.
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Modeling the behavior of
elastic pouch motors

Abstract

Pouch motors are one of the recently developed soft actuators, which are known particularly
for their low-weight, ease of fabrication and large stroke. To date, several studies have been
performed to develop and model new pouch motors designs to improve their functionality.
All models assume that the material is behaving inextensibly, i.e. not stretchable. Here, we
propose an analytical model for pouch motors where we consider the materials to be stretch-
able, and show that stretchability of pouch motors sets a limit for the maximum contraction
and force, and therefore cannot be neglected even when using nearly inextensible materials.
We evaluate our model qualitatively by conducting ‘blocked-displacement’ experiments on
single pouches made of various materials with different elasticity.

Based on: M. Arfaee, J. Kluin, ].T.B. Overvelde, Modeling the behavior of elastic pouch motors. 2023 IEEE Interna-
tional Conference on Soft Robotics (RoboSoft), Singapore, 2769-4534 (2023)
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3.1. Introduction

In the last decade, soft robots have become a popular alternative solution to rigid robots
due to their capability of adapting to their environment. Their inherent adaptability makes
them suitable for a wide range of applications in industry, health care, robotic surgery, as-
sistive devices, and other areas [220, 221]. Soft robots are considered a reliable and safe
solution for devices which are in contact with the human body [39], such as wearable de-
vices [222, 223], rehabilitation devices [45, 224] and even implantable devices [225, 226].
Soft robots and their soft actuators are typically made from stretchable or flexible materi-
als, which makes them relatively easy and inexpensive to manufacture, and makes them
lightweight.

To date, several studies have been performed on developing and optimizing different
types of soft actuators [227-229]. One of the recently developed soft actuators is referred
to as the pouch motors, which is a thin-walled actuator typically fabricated by heat seal-
ing [230]. Pouch motors can be driven using air, liquid, or both [230, 231] Some studies
have been performed on modifying pouch motors, e.g. by pairing pouch motors to in-
crease their contraction ratio and strength [232] and improving the contraction ratio and
force output by developing new origami-based structures that use pouch motors [228].
Moreover, it has also been demonstrated that pouch motors can be driven by liquid-to-
gas phase transition [231].

Typically, the pouch motors are fabricated from nearly inextensible materials, which
has also enabled an analytical description of the behavior of linear and rotational pouch
motors [230]. However, for some (medical) applications it could prove beneficial to use
softer materials to fabricate pouch motors, to enable different stiffnesses in their actuated
state. Currently, a model that describes the elastic behavior of pouch motors is missing
and it is unclear how material stiffness affects the behavior of pouch motors. The aim of
the present study is to develop a model that considers the effect of material stretchability
and investigates pouch motors behavior under different loading conditions. In this paper,
we propose an analytical model to describe the effect of material elasticity on the func-
tionality of pouch motors. Using this model we show that the material elasticity of pouch
motors has a significant effect on their functionality, which we validate using experiments
on linear pouch motors made from three different materials. Therefore, material stretcha-
bility has to be considered in designing an optimized actuator for target applications.

The remainder of this paper is divided into the following sections. in the first section,
we extend the model previously derived for inextensible pouch motors [230] to take ma-
terial stretchability into account. Secondly, we discuss a ‘blocked-displacement’ setup to
be able to effectively measure the behavior of elastic pouch motors. Thirdly, we perform
blocked-displacement experiments on single pouches made from three different materi-
als, for which we compare the results to our developed model. Finally, we conclude our
findings and discuss implications for further research.

3.2. Elastic pouch model

3.2.1. General equations

We start from the derivation of a single inextensible pouch motor [230]. In order to con-
sider stretching of the pouch motor, we assume that the material of the pouch motor can
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Figure 3.1 | Schematic view of a single stretchable pouch motor with dimensions.

deform, and assume that this deformation is uniform throughout the pouch motor. The
state of the system can be described by three stretches: 1g, A, and 1., which are given by
l h d

A==, Ar=—, A;=—. 3.1
0 I r H z D (3.1)

Here I, h and d are the deformed length, thickness and depth of the pouch respectively,
and L, H and D are the initial length, thickness and depth. Note that we will consider the
materials to be incompressible (which is different than inextensible) [233], for which

AoArds = 1. (3.2)

Using these definitions for the additional degrees of freedom that arise from assuming
stretchable materials, we can describe the deformed state of the pouch. Specifically, the
(arc) length of the pouch motors can be related to a radius r and angle 6 of a circular
segment. Following Fig. 3.1, we have

1=AgL =2r6. (3.3)

Moreover, given the assumption that the pouch deforms according to a circular segment,
the width w (i.e. deformed length) of the pouch is given by

w=I1—=AgL—. (3.4)
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Similarly, we can define the cross-sectional area of the pouch, a, as

2
a= 2% (20 —sin20) = 2r% (0 —sin0 cosH)

_ AGL? 0 —sinfcosh 3.5
2 62 ’ '

and the volume v inside the pouch as

B ASL*A:D 6 —sin6 cos6
2 62 '

Now that we have defined the possible deformed states of the system, we need to spec-
ify the energy for each of those states. Here we consider three different types of energy
contributions. First, an applied force F can change the width w of the pouch, leading to
work done. This work is described by

v=ad (3.6)

Etorce =F(w—-W)=F(w-1), 3.7)

where W = L as we start from the flat state of the pouch. Second, inflation of the pouch by
a pressure P also requires work, such that

Epressure =Pw-V)=Py, (3.8)

where we have used V = 0 as the initial internal pouch volume. Finally, the elastic energy
associated with stretching of the pouch material needs to be defined. Here we assume for
simplicity that the material follows a Neo-Hookean hyperelastic material model [233], for
which the strain energy density is defined by

wzg(agmimﬁ—s), (3.9)
such that the total elastic energy for both pouch walls is given by
Ematerial = 2lhdw = uLHD (A5 + A% + A% - 3), (3.10)

where we have used the incompressibility condition from Eq. (3.2). The total energy is
then given by

E =— Eforce — Epressure + Ematerial (3.11)
=-F (/lgLﬂ - L)
0
PAZA.L?D 6 —sin6 cos6
2 62
+uLHD (A5 + A5 +A2-3), (3.12)

where we expressed all variables in terms of 8, A,, Ag and A,, and we consider F and P
parameters that we specify. We can non-dimensionalize the energy, by dividing both sides
of the above equation by uLHD, such that

~ PA%z 0 —sinOcosb
2 62
+(A5+A7+25-3), (3.13)

E:—F(/lg——l)

and £ = E/uLHD, F = F/HDuand P = PL/ Hy.
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3.2.2. Plane strain solution

We now aim to find the equilibrium states of Eq. (3.13), and additional geometric con-
straints such as the one given in Eq. (3.2). If we assume plane strain conditions along the
z-direction of the pouch, which means that no deformation occurs along z-axis, we have
that

Ay =1. (3.14)

Note that in experiments there will always be some force, and therefore some stretch,

along the z-axis due to the closed ends of the sealed pouches. However, assuming plane

strain conditions simplify the derivation considerably, and we will show that with plane

strain conditions the results capture qualitatively the behavior observed in experiments.
We go ahead and plug both constraints into Eq. (3.12), such that

E‘——F(/l sinf 1) _ Mé 6 —sinf cos6
M 2 02
+(A5+15%-2), (3.15)

where all variables can be expressed only in terms of 8 and Ag. Equilibrium requires that
the derivative of the energy with respect to the variables equals zero, such that

6E——FA 6 cosf —sinf
00 0T g2
A .,2C0s0 6cosf —sinf
+PA, 9 0 =0, (3.16)
E __ﬁsine A 0 —sinf cosh
oy 0 0 62
+2(1g—25°%) =0. (3.17)
From Eq. (3.16) we can extract the relation
. .. cosl
F=PAg (3.18)

6 )
which can be plugged into Eq. (3.17), to give a relation between 6 and Ay equal to

0= L (3.19)

2(1—/154)'

Following these results, we can determine the response of the elastic pouch motors
upon inflation, given a force F applied to the pouch (e.g. a fixed weight attached to the
pouch). In Fig. 3.2 we show the response of the pouch for a range of forces. If we com-
pare the results to an inextensible pouch as shown in Fig. 3.3, we find that the elasticity
of the material affects the behavior of the pouch especially for larger forces and pressures.
Specifically, we observe a dramatic inflation for higher pressures that seems to indicate
similar behavior to the inflation of a balloon. This sets a limit to the maximum contrac-
tion that can be achieved, which depends on the relation between the shear modulus of
the material and the load applied to the pouch motors.
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Figure 3.2 | Response of an individual elastic pouch upon inflation by an internal pressure P. Relation between
(a) pressure P and volume 0, and (b) pressure P and width . (c) inflated state of the pouch for various pressure
and forces.




3.2. Elastic pouch model 39

1
(@) 2.5 (b)2.5
2 2
1.5 1.5
<Q_' <D.4
1 1
0.5 0.5
0 0 0.01
0 1 2 0 1 2
0 W
C
()A P=0.12 P =026 P =067 P =134 P

$00Q00 =

Figure 3.3 | Response of an individual inextensible pouch upon inflation by an internal pressure P. Relation
between (a) pressure P and volume #, and (b) pressure P and width . (c) inflated state of the inextensible
pouch for various pressure and forces.

To compare the model to experiments that we will perform on three different pouches,
we next define the ‘blocked-displacement’, which can be determined by inflating the sam-
ple while clamping it in its original configuration for which w = L. Note that this experi-
ment can only be performed for extensible materials, as inextensible materials would sim-
ply not be able to inflate. For this condition, Eq. (3.4) gives us

0
Ag=—. (3.20)
sinf

Moreover, for these specific blocked-displacement conditions, we find the following
solution from our analytical model from Eq. (3.18) and Eq. (3.19)

R 0 4

Pplocked =20 (1 - (—) ) , (3.21)
sinf
cosf

Fplocked Pblocked sng’ (3.22)

As shown by the results in Fig. 3.4, at P ~ 1.2 we find that the maximum force the pouch
can exert equals Fpjocreq = 0.65, which thus depends on the shear modulus, the thickness
and depth of the pouch. Moreover, at pressure Prlocked = 2.6, we see that the pouch no
longer contracts and pulls on the clamps, but starts to extend and push on the clamp.
Note that at Ppjocked = 2.6 we find that Ag = 7/2, which for most materials already goes far
beyond the elastic limit.
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Figure 3.4 | Response of an individual pouch upon inflation by an internal pressure P, while constraining the
width w = L (blocked-displacement). (a) Inflated state of the extensible pouch for various pressure and forces.
and (b) relation between normalized pressure P and normalized reaction force F.

3.3. Experimental setup

To evaluate our model and explore the effect of material properties on the pouch motor
behavior, we conducted blocked-displacement experiments on single pouches made of
materials with different properties. We fabricated pouches from three different thermo-
plastic sheets with different stiffnesses, specifically SEBS sheet (Vreeberg Elastic Materials-
0.2mm-white), TPU sheet (Airtech Stretchlon6 200-0.038mm-green) and TPU-coated Ny-
lon fabric (extremtextil-70den-black), which are categorized from low to high stiffness, re-
spectively. To be able to compare the model with the experiments, each material under-
went tensile testing based on the ASTM-D882 standard. These tests were performed to
determine the shear modulus of each material that is needed for further analysis. We de-
rived the shear modulus of the sheets by fitting the uniaxial incompressible neo-hookean
model to the stress-strain curve of the materials on the first 5% elongation of the total
initial length (Fig. 3.5).

Next, all pouch motors were made using the same design that we heat sealed using
an adapted 3D-printed (FELIX TEC4). The pouches have a length L=20mm and a despth
D=60mm. The adapted printer moves a hot nozzle over the films at a specific speed and
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Figure 3.5 | Derivation of the shear modulus of three different materials (TPU, SEBS, and TPU-coated Nylon),
by fitting an incompressible neo-Hookean model to the stress-strain response of the first 5% elongation of total
initial length.
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Figure 3.6 | Pouch motors at different states of inflation. First column: fully deflated. Second column: the pres-
sure at which maximum force occurs for each sample. Third column: the pressure at which the sample start to
push the clamps out.

axial pressure, sealing two layers of thermoplastic films together using a pre-designed pat-
tern. The height and speed of the nozzle and the bed temperature should be adjusted
according to the film melting point and its thickness to obtain a strong seal. After fabrica-
tion of the pouch motors, we performed the blocked-displacement experiments (Fig. 3.6).
The pouches were clamped in a tensile testing machine (INSTRON 5965) using custom-
designed grippers and were held at a fixed distance. The initial distance between the
clamps was set equal to the uninflated pouch width, i.e. at W = L. Next, we slowly pres-
surized the pouch to a maximum pressure that we based on the material stiffness, where
we pressurized the TPU and SEBS samples up to P = 80 kPa and we pressurized the TPU-
coated nylon sample up to P =400 kPa. We recorded the force applied by the pouch and
the volume change in the pouch using the INSTRON machine and a bi-directional flow
sensor (HAFBLF0750CAAX5, Honeywell) respectively.

3.4. Results and discussion

The measured response during the blocked-displacement experiments (Fig. 3.6) for the
three different materials are shown in Fig. 3.7. It should be noted that the samples were
pressurized until their failure point (except for TPU-coated nylon). We therefore did not
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Figure 3.7 | Response of a single pouch to increase in pressure in a blocked-displacement test. (a) The relation
between internal pressure and geometric volume of the pouches; The points on the curve of each sample cor-
relate to a state of the pouch, demonstrated in Fig. 3.5 in a column with same color. (b) The real force-pressure
curve, resulted from blocked-displacement experiment, for pouches made of SEBS (gray line), TPU (green line),
and TPU-coated nylon (black line). (c) The force-pressure relationship of a single pouch. The model is shown
in red, where the dashed line indicates the part of the response up till a stretch 19 <1.05, and all experimental
results are normalized using F = F/ HDy and P = PL/ Hy to be comparable to the model.

capture the cyclic behavior of the pouches, e.g., to observe potential hysteresis in the sam-
ple. Given the magnitude of the stretches in experiments, we do expect that the materials
do not behave purely elastic. Overall, and by looking at the deformation of the pouch mo-
tors shown in Fig. 3.6, we observe that the pouch first deforms to approximately a cylinder
as also assumed in our model (Fig. 3.2c). Interestingly, for higher pressures the pouches
start to balloon, which is clearly an indication of the pouches being stretchable. Note that
we could only observe this for the pouches made from SEBS and TPU, as the TPU-coated
nylon pouch did not reach the state of generating maximum force, followed by ballooning,
in its range of applied pressure. This ballooning for the SEBS and TPU pouch motors is
also clearly observed when looking at the internal pressure (P) and volume (V) relation
of the pouch (Fig. 3.7a). Here we find that the pressure reaches a peak, which indicates a
ballooning instability.

The ballooning effect sets a limit to the maximum force that is generated by the pouch.
As shown in Fig. 3.7c, at first the pressure increases in the pouch while the volume changes
at lower rates. This state correlates to the increase in generated force, shown in Fig. 3.7b.
However, once the pouch reaches the state of generating maximum force (green points on
SEBS and TPU curves), the internal volume starts to increase at higher rates. This is due
to stretchability and causes the decline in the generated force by the pouch. This decrease
in force will continue until the pouch starts to push the clamps instead of pulling them
(purple points on the Fig. 3.7b and c), unless it breaks before that.

One important result from the model is that the pouches demonstrate a maximum
force that they can apply to the clamps (Fig. 3.4b). This maximum force is clearly indicated
for the softer SEBS and TPU samples, which show a maximum force of F = 4 N and F =
10 N, respectively. Although the TPU-coated Nylon did not reach its maximum force at
P =400 kPa, we observe that the force-pressure curve achieved in all experiments follows
same trend as the force-pressure curve derived from our model. The TPU-coated Nylon
reached a relatively high force of F = 200 N at P = 400 kPa (Fig. 3.7b).
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A more quantitative comparison is made in Fig. 3.7c, where we consider the normal-
ized quantities F and P. While we find the same qualitative trends, we do observe con-
siderable differences (approximately a factor of 2) between experiments and simulations.
These differences are likely the result of the material model used, which does not capture
for example visco-elastic behavior (Fig. 3.5), but also the assumption of the plane strain
condition likely does not perfectly hold as the pouch motors are sealed at the sides, which
also introduces an additional axial force. However, it is surprising that even for materials
with stiffnesses that span more than an order of magnitude, we can normalize the results
to fall approximately on the same curve. Therefore, the model does capture the qualitative
behavior of our samples, such that we can conclude that the the force scales with H, D
and y, and the pressure P scales with 1/L, H and p.

It should be noted that an uniaxial incompressible neo-hookean model is typically
suited for elongations up to 30% [234] and we do not expect a precise fit for the larger
strains that we observe in experiments. However, the experiments still demonstrate that
our model captures the behavior of an extensible pouch qualitatively, and it does improve
the overall fit compared to existing inextensible pouch models. To improve the quantita-
tive predictability of our model, additional mechanical tests are needed to obtain mate-
rial parameters under biaxial conditions, so that different hyperelastic models suitable for
larger strains can be employed. Additionally, the model should be updated to include the
additional forces generated by the internal pressure along the z-axis.

3.5. Conclusion

We proposed an analytical model to predict the behavior of pouch motors considering the
effect of stretchability on their performance. Our model showed that the material elastic-
ity influences the pouch motors output significantly and must be considered in designing
an optimal actuator. An important finding is that elastic behavior is not only important for
softer materials such as SEBS and TPU, but also occurs for stiffer sheets such at the TPU-
coated Nylon (given sufficient load). Furthermore, we conducted blocked-displacement
experiments on single pouches made of various materials with different properties. Al-
though there is a deviation between the experimental results and the model due the mate-
rial non-linearity and modeling limitations, we observed the same behavior trend in our
proposed model and experimental results. Future work may include implementing the
same modeling strategy to predict the behavior of pouch arrays and other pouch designs,
and the possibility of developing new functionalities using the same technology as the
pouch motors.
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Towards developing a
compact total artificial
heart using a soft robotic
fluidic transmission system

Abstract

Cardiovascular diseases are a leading cause of mortality, with limited possibilities for trans-
plantation due to a critical shortage of donor hearts. Replacing the heart by total artificial
hearts remains challenging, due to size constraints, and energy requirement, among others.
To address this, we introduce the LIMO Heart, a compact total artificial heart (TAH) concept
based on an efficient soft fluidic transmission system. By reducing actuator volume and en-
hancing energy transfer, LIMO enables a more compact and efficient design. We developed a
soft ventricle prototype using thin-walled pouch actuators that achieve transmission ratios
above one via circumferential shrinkage. A fast, cost-effective prototyping method accel-
erated testing. Experimental results showed high energy transfer efficiency (82—91%), and
in vitro tests demonstrated promising cardiac outputs of 5.9 L/min against aortic, and 7.6
L/min against pulmonary pressures. These findings represent a step toward a more broadly
applicable biventricular soft robotic TAH for treating end-stage heart failure.

Based on: M. Arfaee, L. C. van Laake, S. Zou, C. Bording, J. Kluin, J. T. B. Overvelde, Toward developing a compact
total artificial heart using a soft robotic fluidic transmission system.Sci.Adv.11,eadv4854(2025).
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4.1. Introduction

Cardiovascular diseases are a major cause of death globally, and as the population ages,
the prevalence of heart failure is expected to increase [235, 236]. Heart transplantation
remains the ideal treatment for severe heart conditions, but a critical shortage of donor
hearts necessitates the development of alternative solutions like left ventricular assist de-
vices (LVADs) and total artificial hearts (TAHs). While LVADs provide significant support,
they are not suitable for patients with severe biventricular failure and carry risks of com-
plications such as post-LVAD right ventricular failure, highlighting the need for TAH devel-
opment [19].

Currently available TAHs that are approved as a bridge to transplant are the Syn-
cardia and Carmat, both fluid-driven (either pneumatic or hydraulic) pulsatile devices
[97, 237]. The popularity of fluid-driven systems in developing TAHs and the need for
more biomimetic behavior has opened the door for soft robotics as an alternative solution
to traditional driving systems [226]. Soft robotics is being used to develop different types
of medical devices [39], such as wearable devices [45, 238, 239] and implantable devices
[240, 241], among which cardiovascular devices have gained significant attention over the
past few years [50, 52, 242]. Recent studies in the development of heart assistive devices
[53, 243-246] and TAHs [50-52] utilizing soft robotics highlight a potential avenue to more
closely mimic the natural behavior of the heart. In a recent study on developing a soft TAH,
sufficient cardiac output of 8 I/min has been achieved in a prototype working for 30 hours
[52].

Although the results of recent studies on developing a soft TAH warrant further in-
vestigation, an important problem of all the currently existing fluidically-activated TAH
designs—including the soft TAH designs—remains their total size. The combination of
the actuator, driving system, and power supply leads to bulky devices that cannot be fully
implanted, therefore requiring percutaneous drivelines [236]. Existing devices require at
least the same amount of volumetric input to the actuators compared to the volumetric
(blood) output ejected. This means that the actuators need to displace a large amount
of fluid (or air) that is identical to or larger than the volume of blood that needs to be
pumped. Besides that, a reservoir is needed to store the actuation fluid that is not inside
the actuators of the device. In comparison, in a natural heart the cardiac tissue only takes
up approximately equal or slightly larger space compared to the total volume of blood that
needs to be pumped in each cycle [247-250]. In addition, the membrane-based actuators
of these soft TAHs work only effectively at relatively high pressures (150—200 kPa) [52],
which is more than 10 times higher than the required blood pressure. This considerably
limits the energy efficiency of soft TAHs, and increases the size of auxiliary components
such as batteries and pumps.

As a result, the existing driving system for (soft) TAHs still requires a bulky driving sys-
tem to work. In fact, this same problem limits both the miniaturization of the Syncardia
and Carmat, since they classify as membrane-based systems that can reach a 1:1 fluidic
transmission ratio (volumetric input/output) at best. Carmat only partially circumvents
this problem by alternatingly activating the left and right ventricle, while Syncardias drive
system can only be placed extracorporeally. Importantly, in mechanical or electrical sys-
tems this problem would normally be overcome by using a transmission system, such as
mechanical gears or electrical transformers. Therefore, a natural question to ask is what
different types of efficient soft fluidic actuation strategies can be employed that achieve
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fluidic transmission, with the ultimate goal to reduce the size of the complete TAH system,
and increase the application potential for TAHs in general.

We propose a soft ventricle that can be used in a fully soft Total Artificial Heart concept
that we refer to as the LIMO (Less In, More Out) heart. The actuation of the ventricle is
based on existing pouch motors [230, 231, 251]. Our concept consists of a blood collect-
ing chamber (so-called ventricle) that is surrounded by flat pouches that transform into
cylinders when actuated. The aim of our soft ventricle design is to achieve fluidic trans-
mission with only limited energy loss (i.e., high efficiency). In essence, we aim to build
a system where lower volumes of fluid (gas or liquid) are delivered at higher pressures as
input to the actuators, which is then transformed into a larger blood output volume at the
required reduced pressures. We anticipate that such an efficient pressure-volume trans-
mission strategy reduces the total size of a TAH, as both the total fluidic volume (driving
fluid and maximum stroke volume combined), and required pump power and battery size
can be considerably reduced.

The remainder of this paper is divided into the following sections. First, we introduce
our concept and an analytical model that theoretically explores the possibility of using
only the geometry of the device design to achieve programmable fluidic transmission ra-
tios that are higher than one. Second, we investigate experimentally the effect of geometry
on the input pressure and force output of pouch arrays, and how the results can be trans-
lated to the application in a soft TAH concept. Third, we describe the fabrication method
of a closed chamber based on pouch motors and experimentally prove its functioning as a
pump in a static experimental setup with afterload. We finalize by reporting the results of
testing a single ventricle in a single-sided mock circulation loop (MCL) against physiologi-
cal conditions, to explore the effect of dynamics and cyclic loading on the system.

4.2. Rationale and design of the LIMO heart

We propose a model that consists of a cylindrical ventricle, surrounded by pneumatically
actuated pouches that are aligned vertically. By pressurizing the pouches, they deform
from a flat shape into a cylindrical shape, which causes their (arc-)length to decrease
(Fig. 4.1.A). Therefore, the circumference of the cylindrical ventricle shrinks when the
pouches are inflated, while maintaining effectively the same vertical height [252]. This
global deformation accounts for the major proportion of the total volumetric shrinkage of
the ventricle. In addition, approximately half of each pouch volume occupies the inner
space of the ventricle which also causes reduction of the inner volume (Fig. 4.1.A).

Based on these two observations, we can derive a simplified analytical model to qual-
itatively investigate the behavior of the system, and to investigate the feasibility of attain-
ing desired fluidic transmission ratios that are larger than one. The model assumes an
idealized cylindrical initial shape of the ventricle, parametrized by height H, and number
of pouches N of initial length L, that are separated by seams of width s (Fig. 4.1.B). We
furthermore assume that the height H remains constant, and the material is inextensible,
such that the deformed shape is fully described by the opening angle 6 of the pouches
[230]. The deformed length L and volume V5 of a single pouch can then be expressed as

L=1Lysin6/0

(4.1)
Vo = L5 H(6 - cosOsin0)/ (267)
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We define V3 = NVp as the total actuator volume, i.e., the volume of all pouches com-
bined. Based on Eq. (1), we can approximate the radius r¢c and volume V¢ of the cylindrical
ventricle as

rc=N(L+s)/(2m),

(4.2)
Ve =Hnarce — Val2.

We can furthermore define the ejection fraction (EF), which is a common performance
measure in the natural heart as well as in artificial heart devices.

EF =-AVc/ Vo x100% = (1 - V/ Vo) x 100% 4.3)

Where 1} is the initial volume of the cylindrical ventricle before actuation. Excitingly,
from this simplified geometrical model interpreted in Figure 4.1.C, we learn that the cu-
mulative volume expelled from the ventricle AV can indeed exceed the cumulative vol-
ume introduced into the pouches AV,. In fact, we can choose a desired fluidic transmis-
sion ratio

i=—-AVc/AV) (4.4)

by selecting the number of pouches N (Fig. 4.1.C). The fluidic transmission ratio i at
full actuation (i.e., 8 = 7/2) can theoretically be chosen arbitrarily large by increasing V.
This is because, as N increases, AV, approaches zero, while AV¢ approaches Vp (1 —4/72)
= 0.59 1}, resulting in EF > 59% for all values of N. Note that this relation is only valid if we
assume that seam width s is negligible. We show the modeled effect of N and son i and EF
in Supplemental Figure S7. Next, we derive the required actuator pressure P, that balances
a given ventricular pressure P¢ for different values of pouch opening angle 8. We assume
static equilibrium, and find the pressure ratio P* = P/ Pc by conservation of energy:

Py dVA+PC dVC =0
P* =—-dVe/dVy = —(dVc/dO) / (dVa/dO) (4.5)
P* = (N/(2mcos0)) (sin@ +0s/Ly) +1/2

where we used expressions (1) and (2) for V4 and Vi. Using (1), (2), and (3), we de-
termine the actuator input volume and pressure required to expel a representative phys-
iological stroke volume and afterload delivered by a healthy left ventricle, equal to a vol-
ume AV¢ = 90 mL from the ventricle, against a constant afterload of Pc = 112.5 mmHg
(15 kPa), which are in the range of average values for a heart working in normal condi-
tions [253, 254]. For these fixed output requirements of the cylindrical ventricle, varying
the number of pouches reveals an expected trade-off between actuator pressure and vol-
ume, where an increasing number of pouches require less input volume but higher actu-
ator pressure (Fig. 4.1.d). Taken together, our model informs a rational selection of N for
given application requirements, based on analytical relations between ejection fraction
EE required actuation volume Vj,, and required actuation pressure Py. Practically, there
may be additional considerations for choosing N, such as fabrication limitations or a min-
imum channel width that is required to avoid excessive viscous losses when driving fluid
is forced in and out of the actuators.
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Figure 4.1 | Simplified working mechanism of the proposed fluidic transmission system. A. Cross-sectional
view of a cylindrical chamber surrounded by vertical pouches, and the inner deformation after pouch inflation.
B. Model of a single pouch with cylindrical surfaces. C. Output-Input geometrical volume relation obtained from
analytical modeling. The fluidic transmission ratio is higher than one above the dashed line. D. Changing trend
of input volume and pressure needed for samples with different number of channels to reach an output volume
of 90 mL at 15 kPa, considering a cylindrical system with an initial diameter of 60 mm, height of H = 100 mm, and
seam thickness of s= 1.5 mm.

4.3. The effect of channel size on the response of
pouch arrays

To explore the feasibility of implementing the fluidic transmission ratio experimentally, we
first focus on fabricating and measuring the performance of pouch arrays. We are specif-
ically interested in the relationship between the pouch actuator pressure and resulting
circumferential forces that can be delivered by the pouches. To determine if the number
of pouches has an effect on the maximum force that can be delivered, we can layout the de-
sign of the proposed ventricles that are made from heat-sealing TPU-coated Nylon fabric
(Riverseal 70 LW, 78Dtex, 170 g/m2, Rivertex, Culemborg, The Netherlands) with varying
number of pouches N, to obtain flat arrays of pouch motors (Fig. 4.2) [230]. We designed
and performed so-called blocked-displacement experiments [251], in which we clamp
the samples in a tensile testing machine (INSTRON 5965, Norwood, United States) using
custom-designed clamps which hold the pouch motors ends at a fixed distance, while we
quasi-statically increase the pressure P, in the pouch actuators.

Interestingly, the measured results in Fig. 4.2.A demonstrate that the number of pouches
does not directly affect the ability to reach certain force levels. However, and as expected,
as the surface area of the pouches is reduced for increasing N, we do require higher pres-
sures in pouch arrays with more pouches to achieve these forces (Fig. 4.2.A). Importantly,
the required higher pressures come with the benefit that less volume is needed to inflate
the pouch motors for increasing N (Fig. 4.2.B). Therefore, this experiment demonstrates
the transmission trade-off between the pressure and volume needed to reach a certain
force in samples with different geometries. Thus, we can obtain different behaviors by just
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Figure 4.2 | Blocked-displacement testing of pouch arrays. A. Input pressure needed to reach certain forces for
samples with different number of pouches (i.e. different pouch size). B. Input geometric volume needed to reach
certain forces for samples with different number of pouches C. From left to right, pouch arrays with 4, 8, 10, and
20 pouches. Top and bottom rows show the samples exerting 40 N and 200 N to the jaws of the tensile testing
machine. Pouch arrays with more (smaller) pouches require lower input volume to reach a certain force, at the
cost of higher input pressure compared to pouch arrays with fewer (larger) pouches.

changing the design, while using the exact same amount of material (Fig. 4.2.C).
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4.4. Fast and cost-effective prototyping method

While so far we have focused on a relatively simple geometry, fabricating a leak-proof
soft artificial ventricle will lead to additional complexities that cannot easily be modeled.
Given these complexities that are involved with soft and flexible components, it is bene-
ficial to have a fast and cost-effective prototyping method to fabricate different designs
of our pouch-based ventricle and investigate them experimentally. Therefore, we imple-
mented a prototyping method that enables us to effectively fabricate several completely
soft samples with different designs using only a customized 3D-printer CNC machine that
can be used for both heat-sealing [230], and 3D-printing of TPU components.

‘ 2) Folding line 3) -

Top layer (1)
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Hot nozzle

Nylon side (not sealable)
TPU side (sealable)
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Heated bed

Mechanical heart valve
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Figure 4.3 | Fast and cost-effective fabrication method for the LIMO Heart ventricle. A. 1) Heat-sealing two
layers of TPU-coated nylon to create pouches. 2) Cutting leftovers from one side and folding the sample from
its middle line. 3) Second heat-sealing step to create ventricle chamber. 4) Schematic 3D shape of the ventricle
chamber after inflation. 5) 3D-printing a TPU soft housing that holds the inlet and outlet valves, and also acts as
an interface between the prototype and the Mock-loop Circulation setup. 6) Exploded view of all components. B.
LIMO ventricle in a relaxed and actuated state.

With this approach, we fabricate an artificial ventricle of our LIMO heart consisting
of three major fabrication steps (Fig. 4.3): (i) heat-sealing two layers of fabric together
to create the pouches; (i7) cutting the outline of the artificial heart and revealing a layer
of heat-sealable fabric to perform a second round of heat-sealing to create the internal
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ventricular chamber; (iii) 3D-printing soft TPU connectors and a soft TPU housing for me-
chanical heart valve prostheses (Sorin Bicarbon, Sorin Group, Milan, Italy), that are sealed
or glued to the ventricle directly (Fig. 4.3.A). Note that to create the ventricle (Fig. 4.3.B), we
use a 2D-fabrication method (heat-sealing) that results in an elliptic cross-sectional area,
rather than a perfect cylinder considered in our analytical model (Fig. 4.1.B). The relaxed
and actuated state of the ventricle are shown in Fig. 4.3.B.

It should be noted that although this technique is cost- and time-efficient, it can cur-
rently only be used in the proof-of-concept phase to evaluate the working mechanism.
Using the same platform, we were also able to print soft valves that could directly be imple-
mented in the ventricle to obtain a fully soft device (Figure S9). However, the material and
heat-sealing technique used for prototyping are not yet adequate for producing durable
samples capable of withstanding the extreme cyclic loading required for real-world TAH
applications. Notably, all observed failures occurred near the sealing lines, particularly at
the endpoints adjacent to the gaps functioning as air channels between pouches (Figure
S$10). In our case, we were able to obtain in the order of 1500—2000 cycles per sample
fabricated. This was sufficient to prove the concept and perform all the required measure-
ments. Further optimization of the design to limit stress concentrations at sealing lines is
essential to further develop the demonstrated fluidic transmission concept towards a TAH
concept.

4.5. In vitro quasi-static characterization of the arti-
ficial ventricle

We next aim to determine if our fabricated prototype for a soft artificial ventricle can
achieve higher fluidic transmission ratios than one, as predicted by our analytical model
(Fig. 4.1.C). We first conducted an experiment with a minimum afterload of 3.8 kPa (orig-
inating from the column of water) that we could achieve in our quasi-static experimental
setup (Fig. 4.4). We tested a range of artificial ventricles that are identical in size (V = 300
mL at relaxed state against minimum afterload), and only varied the number of pouches
N=5,7,9, 11, 13, and 15 by varying the length I, of the individual pouches, while keep-
ing their height identical (Fig. 4.5, S3). Since the pouches occupy negligible space, the
total volume of a biventricular LIMO heart made from two ventricles, while excluding the
valves, is approximated to be 600—700 mL. This falls within the range of a normal adult
heart volume of 490—910 mL [255]. The results clearly demonstrate that the ventricle size
required to achieve a specific stroke volume (SV) can be adjusted by modifying the pouch
size, which is ultimately constrained by factors such as the capacity of the actuation sys-
tem. As shown by the results in figure 4.6.A and table 1, where we provide the same actu-
ation pressure P, to all prototypes, we observe that for fewer pouches we achieve a larger
maximum volumetric output V¢, resulting in a higher EE However, for fewer pouches we
also require considerably higher actuation volume Vj.

Importantly, these results demonstrate experimentally that all samples could reach a
fluidic transmission ratio higher than one, where for smaller and more pouches we achieve
higher ratios, reaching a maximum of 2.19 for N15 that consequently has the lowest EF
(39%) among the prototypes (Table 4.1). It should be noted that when determining the
fluidic transmission ratio, we consider the geometric volume of the pouches, not the total
uncompressed volume of the air used to actuate the pouches. Effectively, we therefore



4.5. In vitro quasi-static characterization of the artificial ventricle 53

Afterload pressure control

Pouch pressure control

Figure 4.4 | Quasi-static experiments to evaluate transmission ratio and efficiency. Experimental setup, includ-
ing a water tank, pressure regulators (Preg), pressure sensors (P), and an air flow sensor (Q).
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Figure 4.5 | Quasi-static experiments to evaluate transmission ratio and efficiency. Relaxed and actuated state
of prototypes N5, N9, and N13, showing the difference in the internal deformation at maximum actuator pressure
of Py = 40 kPa against identical internal pressure of P = 10 kPa; light blue: inner surface area at relaxed state,
light red: inner surface area at actuated state.
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assume we are inflating the pouches using an incompressible fluid. Focusing on a SV of 90
mL that lies in the range of the SV of a healthy native heart (50—100 mL) [253], we observe
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Figure 4.6 | Quasi-static experiments to evaluate transmission ratio and efficiency. A. Experimental results of
quasi-static testing of samples with different number of pouches against minimum afterload (3.8 kPa); Change
of volumetric output (V) at various actuator volumes (V) and pressures (Pa), showing the trade-off between
V) and Py required to reach a certain volumetric output of 90 ml in different samples. B. Experimental results of
quasi-static testing of prototype N9 against various afterloads (P,s) between 5-20 kPa (37.5—-150 mmHg).

Sample Inputvolume (AVa) Outputvolume (AVg) Ratioiat Pc=70kPa EF (%)

N5 180 216 1.2 72
N7 135 195 1.44 65
N9 93 170 1.83 57
N11 83 162 1.95 54
N13 65 140 2.15 47
N15 53 116 2.19 39

Table 4.1 | Fluidic transmission ratio i of LIMO ventricles with different number of pouches. Input volume
(AVa), output volume (AV) and fluidic transmission ratio i and ejection fraction EF of samples with different
number of pouches against minimum afterload of 3.8 kPA.

that all artificial ventricles can reach this output volume, and all ventricles reach a fluidic
transmission ratio higher than one except for N5 (Fig. 4.6.A). In addition, we observe that
prototypes with 11 or fewer pouches (N11, N9, N7, and N5) could reach an EF between
54—-72% (Table 1), which equals to SV of 162—216 mL, against minimum pressure of 3.8 kPa
(~28 mmHg). Although the size and EF of current models are comparable to the normal
values of our native ventricle (52—72%) [255, 256], the obtained values of SV (162—216 mL)
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are significantly higher than for a native heart. This gives us further opportunity to tune
the design to adjust and minimize the size of the device further. It should be noted that the
EF is measured against a minimum afterload of 3.8 kPa (~28 mmHg), which is comparable
or slightly higher than pulmonary artery systolic pressure [257]. As such, for a biventricular
device distinct design parameters must be considered for each side to ensure balanced
cardiac output, as the left ventricle operates against significantly higher afterloads [254].

We next study the afterload sensitivity of the artificial ventricle, i.e., how an increasing
afterload affects the fluidic transmission ratio at given actuator pressures. To do so, we
conducted similar in vitro quasi-static experiments as before, while increasing the after-
load (Pqf) in the range of 5—-20 kPa (37.5—-150 mmHg) above the minimal afterload of 3.8
kPa (Fig. 4.4). These are pressures in the range of those generated by a native heart. We
focus on an artificial ventricle with 9 pouches (N9) that we believe shows most potential
for dynamic testing, as samples with fewer pouches do not reach fluidic transmission ra-
tios that are significantly higher than i = 1, while more pouches require higher actuation
pressure, and lead to narrow channels which limit the air flow in high frequency actuation.
It should be noted that the ventricle with 11 pouches (N11) also shows similar trends.

Figure 4.6.B shows the test results of the ventricle with 9 pouches under different after-
loads. Interestingly, we observe that the fluidic transmission ratio only starts to increase
after the pressure in the pouches surpasses the pressure in the ventricle. As a result, for
an increasing afterload from 5 kPa to 20 kPa we find that the fluidic transmission ratio at
Py =70 kPa drops from 1.68 to 1.30. Even though the afterload influences the fluidic trans-
mission ratio at a specific actuation pressure, the pressure-volume response of the pouch
actuator seems to indicate that the afterload mostly shifts the pressure, such that this af-
fect can be circumvented by increasing the actuation pressure further to again increase
the fluidic transmission ratio.

Afterload Ratio i Input work (N-m) Outputwork (N-m) Efficiency (%)

Py (kPa) N9 NI11 N9 N11 N9 N11 N9 N11
5 1.32 146 1.01 1.01 0.83 0.80 81.87 78.94
10 1.28 136 1.42 1.45 1.24 1.23 87.51 84.97
15 1.25 134 1.85 1.88 1.69 1.62 91.48 86.49
20 1.21 130 232 2.33 2.10 2.10 90.83 90.48

Table 4.2 | Fluidic transmission ratio i and energy efficiency of N9 and N11 LIMO ventricles. Measured at AV
=90 mL, and mechanical efficiency of the LIMO ventricles against different P, above minimum afterload.

Besides providing sufficient cardiac output, efficient transfer of energy is crucial for
any transmission system. To evaluate the mechanical efficiency of work transmission in
the soft artificial ventricle, we characterize the ratio of the work done by the ventricle and
compare it to the input work supplied to the pouch actuator. Since mechanical work is rep-
resented by the integration of pressure over geometric volume, the input and output work
are determined from the pressure-volume curves of the pouch actuator and the ventricle,
respectively (Figure S5). From our analysis we find that for a given output volume of AV
=90 mL the mechanical efficiency increases from 82% to 91% as the P,s increases from 5
kPa to 20 kPa above the minimum afterload of 3.8 kPa, indicating that the LIMO ventricle
transforms the energy more effectively under higher afterload. We also find that the LIMO
ventricle with 9 pouches has a slightly higher efficiency than the LIMO ventricle with 11
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pouches (Figure S5, Table 4.2). We believe this is because the pouch fabric undergoes
stretching during actuation, consuming part of the input energy. In the LIMO ventricle
with more pouches, higher pressure is required in the pouches to achieve a given output
volume, resulting in greater stretching and therefore slightly more energy consumption,
compared to the LIMO ventricle with less pouches. Although these materials are nearly
inextensible, previous modeling results still demonstrate some stretching that occurs in
the pouches at these pressures [251].

4.6. In vitro dynamic test bench performance
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Figure 4.7 | In vitro evaluation of a single ventricle in a single-sided MCL. A. Single-sided MCL setup, pressure
sensors (P), and flow sensors (F). B. Prototype N9 functioning against aortic condition at 70 BPM. C. Total cardiac
output (CO) from a single ventricle against aortic and pulmonary condition. D. Stroke volume (SV) at different
beating rates against aortic and pulmonary conditions. E. Systolic (+), diastolic (-) and average (-) pressures at
different beating rates against aortic and pulmonary conditions.

To assess the behavior of the LIMO ventricle under physiological conditions and cyclic
loading, we performed an in vitro experiment in a single-sided MCL (Fig. 4.7.A). The MCL
consists of two compliance chambers that mimic the afterload and preload, with a manu-
ally controlled restriction in between that is used to tune the setup for desired conditions
(Figure S6). Real-time data is collected and stored using pressure sensors in the preload
chamber, afterload chamber and ventricle, and by using flow sensors before and after the
ventricle to measure the cardiac inflow and outflow. These experiments were done to
measure the generated cardiac output by the developed prototype (N9) against aortic and
pulmonary afterloads, and to investigate the dynamic behavior of the system by applying
cyclic loading and increasing the beating rate from 45 to 90 beats per minute (BPM). Both
the aortic and pulmonary conditions are considered independently, to which we tune the
MCL. For the aortic condition, we pump against afterloads in the range of 105 + 6.4 and
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78 + 2.1 mmHg as, respectively, the peak-systolic and end-diastolic pressures, which is
characterized by a mean aortic pressure of 87.3 + 2.6 mmHg. This is comparable to the
pressures of the left side of a healthy human heart [258]. For the pulmonary condition,
we pump against mean afterload of 14.3 + 0.7 mmHg that is comparable to the normal
working condition of the right side of the human heart, with a mean value between 11 and
17 mmHg [259]. It should be noted that we use mean afterload as the control parameter
for MCL tuning. However, due to our MCL limitations, the peak-systolic and end-diastolic
pressures (31.8 + 3.8, 5.5 + 1.5) are higher and lower, respectively, than physiological levels.

Focusing first on the aortic conditions, we find that similar to a native heart, a full car-
diac cycle of the LIMO ventricle consists of four stages (Fig. 4.7.B). A cardiac cycle starts
with a very short duration of isovolumetric contraction at which the ventricular pressure
(Py) is increasing without generating cardiac flow, as the afterload is higher than P,. Once
P, becomes higher than the afterload, the outlet valve opens, and fluid is pumped out of
the ventricle. This causes an increase in the afterload as well. Once the inflation phase
stops, Py starts to decline rapidly and the outlet valve closes, which results in an isovolu-
metric relaxation until P, dives below the preload pressure, where the inlet valve opens,
and the ventricle fills up. It is important to note that the misalignment between afterload
pressure and ventricular pressure occurs because the afterload pressure sensor is posi-
tioned below the afterload chamber. The distance between the afterload chamber and
the LIMO ventricle introduces a delay in the peak systolic pressure of the aorta relative to
ventricular pressure (Fig. 4.7.B).

We find that against aortic pressures the maximum SV of 95 mL against mean after-
load of 93 mmHg occurred at the lowest beating rate of 46 BPM that we tested (Fig. 4.7.C).
In general, we found that an increase in heart rate (HR) reduces the stroke volume (SV).
While this could be an effect of less effective pumping due to internal flow in the ventricle,
we observe a decline in the maximum pressure in the pouches (Table S2) by increasing the
beating rate (Fig. 4.7.C). This indicates that the driving system we used cannot supply the
pressures fast enough to maintain a higher SV that is measured in quasi-static conditions.
Despite that decline, we could obtain sufficient CO up to 5.9 1/min at 70 BPM (P4 = 61 kPa),
after which the CO decreases (Fig. 4.7.D). Our LIMO ventricle could maintain mean after-
loads of 88-97 mmHg pumping at the rate of 4.3-5.9 1/min (Fig. 4.7.D, 4.7.E). In future work,
to address the reduction in SV at higher frequencies, the actuation system should be en-
gineered to consistently reach the desired target pressure across all operating frequencies,
as our setup currently did not allow to determine the effectiveness of the LIMO ventricle
concept at higher frequencies. To achieve this, adopting a hydraulically-driven system
could provide significant advantages by enabling volume-controlled actuation, resulting
in more precise, reliable, and consistent performance.

Next, to resemble pulmonary circulation, we set the manual valve in the single-sided
MCL between the chambers to its fully open position. Nevertheless, we observe that the
resistance is still slightly high as the peak systolic pressure goes above 30 mmHg. Despite
higher resistance, we were able to achieve a maximum CO of 7.6 1/min at 76 BPM (P =
39 kPa). Our LIMO ventricle could maintain mean afterloads of 14-17.3 mmHg pumping
at the rate of 6-7.6 I/min (Fig. 4.7.D). It should be noted that the actuator pressure was
reduced to 50 kPa in this setting, since the afterload is also lower than aortic condition
and we wanted to avoid overloading the system. Despite that, we observed that the CO in
pulmonary condition is still higher than the CO against aortic condition.
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4.7. Discussion

In this study, we proposed a fluidic transmission system with volume output/input ratios
that exceed current existing solution that are inherently limited due to their membrane-
based design. We demonstrated that in our system that showed relatively low energy losses
(Table 4.2), smaller actuator volumes at higher pressures are transformed to larger volume
at lower pressures (Fig. 4.6.A, Table 4.2). This characteristic is essential in the next genera-
tion of fluidically driven TAHs, where the size of the device can be reduced to enable full
implantation of both the artificial heart and the systems required to control and power it.

Overall, the fluidic transmission system with 9 pouches around its circumference has
an energy transfer between 82% and 91%, which means that less than 1.22W of net fluidic
input power needs to be supplied to the system to output 1W of fluidic power to the blood,
corresponding to a CO = 5 1/min, against a mean afterload of 90 mmHg. Note that this is
alower bound on energy input, since there are necessarily additional losses in the driving
fluid supply system, including viscous losses and efficiency losses of the driving pump.
Still, this is a promising energy transfer efficiency that is needed in development of a fully
implantable control and battery system in the future.

Moreover, while here we only validated a single ventricle at both aortic and pulmonary
conditions, we did not test our LIMO heart with two ventricles in a double-sided MCL. At
the moment, a full TAH could for example be obtained by using two separate ventricles,
actuated either simultaneously, as in the Syncardia design, or alternately, as in the Carmat
system. It is too early to conclude what the best approach is for our LIMO concept. We
hypothesize that in the case of simultaneous actuation, which mirrors the function of the
native heart, integrating both ventricles into a single structure could enhance the fluidic
transmission ratio, as a portion of the pouches can be incorporated into the shared septal
wall to assist in contracting both the left and right sides of the TAH. However, this configu-
ration would require an additional volume to store the driving fluid during diastole. When
considering alternating actuation, an additional volume is not necessary, allowing for a
more compact system. The trade-off, however, is that a larger volume must be displaced
in each cycle, compared to the simultaneous actuation approach. Future work will focus
on the development of a biventricular device and the optimization of its actuation mech-
anism, taking into account these considerations to achieve an optimal balance between
system size, efficiency, and physiological performance.

Moreover, each side of our native heart is pumping against different pressures. In de-
veloping a TAH with two ventricles, one of the primary challenges will be to ensure a bal-
anced output between the left and right ventricles, which is a vital factor for the successful
mimicry of the heart’s natural mechanical function. Towards that challenge, we demon-
strated that by tuning the design of pouch geometries, we can achieve different cardiac
outputs against similar afterload, or similar cardiac output against different afterloads. It
enables us in future studies on biventricular TAH development to optimize the geometry
of pouches and ventricles, to obtain equal cardiac output, despite their different afterloads.
In addition, an important consideration for a TAH is that it must dynamically adjust ven-
tricular output in response to changes in the circulatory system to maintain healthy blood
pressure. This requires each ventricle to exhibit preload sensitivity, which underlies the
Frank-Starling mechanisms that describes the ability to accommodate increased filling
volume without a significant rise in pressure when unactuated. Soft materials and struc-
tures inherently support this functionality. In fact, we already observe preload sensitivity
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in our samples (Figure S5.b, e) even though we did not specifically design our ventricle to
demonstrate this effect. Yet, further design optimization should be employed when work-
ing towards a biventricular device. Further enhancement of this feature could be achieved
through improved design and the use of more stretchable fabrics, which will be essential
in future developments.

While this study demonstrates the proof of concept for our efficient fluidic transmis-
sion system, we acknowledge several directions that need to be further investigated to ad-
vance this technology toward TAH development. First, the proposed fabrication method
and materials are optimized for cost-effective and rapid prototyping, enabling the essen-
tial experiments conducted in this study. However, to ensure long-term durability, further
advancements in both materials and fabrication techniques are necessary, as the system
must withstand millions of cycles over a lifetime of operation. Second, biocompatibility
was not considered in this study, yet it is a critical factor influencing both material selec-
tion and device design. Future research should address these aspects to ensure safe and
reliable long-term implantation. Additionally, pouch configuration should be further in-
vestigated to optimize flow patterns, minimizing stagnation points and reducing the risk
of thrombosis. Third, in our experiments, the device was pneumatically actuated using
air, which is not a viable option for an implantable device due to safety concerns and air
compressibility limitations that restrict higher cardiac outputs at increased frequencies.
Future iterations should incorporate a hydraulic actuation system, which would not only
improve control reliability but also enable volume-controlled actuation for more precise
performance. Finally, our MCL has limited capabilities in replicating a wide range of hemo-
dynamic conditions, which are essential for evaluating a TAH. Therefore, future studies on
a biventricular device should be conducted using a more advanced MCL, capable of simu-
lating both healthy and pathological conditions for comprehensive evaluation.

4.8. Materials and Methods

4.8.1. Design and fabrication

To mimic the natural movements and characteristics of a human heart more closely, we
design and fabricate a soft artificial ventricle, employing a novel way of blood ejection. In
this concept, we use parallel cylindrical pouches along the height of the ventricle as soft
artificial muscles. The pouches inflate and deflate using a pneumatic driving system that
provides positive and negative pressure during respectively inflation and deflation. To con-
struct the pouches, we use a heat-sealing technique to bond two layers of thermoplastic
sheets together using specific patterns designed in 2D. For this purpose, we customized
a 3D CNC machine (TEC4, FELIX, IJsselstein, the Netherlands) by adding a hot rolling tip
as the end effector. Using the G-code generated for a 2D pattern, the machine moves the
hot tip on sheets at a low speed (200 mm/min) to seal them together. The nozzle and
bed temperatures are set to respectively 275 °C and 70 °C in order to seal two layers of ny-
lon coated with thermoplastic polyurethane (TPU-coated nylon) (Riverseal 70 LW, 78Dtex,
170 g/m2, Rivertex, Culemborg, The Netherlands). It is a nearly inextensible material, yet
flexible and thin. The 2D patterns are designed in Adobe illustrator software (Adobe II-
lustrator, Adobe, California, United States) (Figure S1.a). In our design, all pouches are
placed within a frame and are separated from each other by a sealing line. There is a gap
between each sealing line to let the air reach all pouches. As a result, we do not need sepa-
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rate opening for each pouch, and they all are connected (Figure S1). After that, we cut the
leftovers from only one side of the prepared pouches, and fold the prepared pouch arrays
along the middle line, and then do another heat-sealing using a 2D pattern that creates
the ventricle chamber. We leave a single opening at the top of the ventricle that is filled
with a 3D-printed TPU part which holds two mechanical heart valve prostheses with op-
posing orientation, creating an inlet and an outlet (Figure 3, Figure S1.b). In a variation on
this design, we created ventricles with two, smaller openings (Figure S1.c), and we used
this design in our quasi-static experiments, where we connected the ventricle to the water
chamber with a single port used for both inlet and outlet. In both cases, we made a hole in
one pouch on each side of the ventricle to insert 3D-printed soft TPU connectors that are
used for air inlet and outlet. A larger 3D-printed soft TPU connector is also placed in the
ventricle wall to measure ventricular pressure (Fig. 4.3).

4.8.2. Blocked-displacement testing of pouch arrays

For our cylindrical model, if we make a cut from one of the seam lines and unwrap the
ventricle, we will have an array of pouches that is known as a soft actuator called pouch
motors [230]. To explore the possibility of getting the same result in various designs, we
performed a blocked-displacement experiment on four pouch arrays (N4, N8, N10, N20)
with different number of pouches (4, 8, 10, 20), each with a constant total height of H
= 20 centimeter. All samples have a width of W = 6 centimeter. The total height of the
pouch arrays is divided equally between the pouches and the pouches are separated by
seal lines (seams) of approximately 2 mm wide. Therefore, a single pouch has a height
of respectively 48, 23, 18 and 8 mm. Samples are made by heat-sealing two layers of TPU-
coated nylon (Riverseal 70 LW, 78Dtex, 170 g/m2, Rivertex, Culemborg, The Netherlands)
together using a 2D-pattern designed in a sketching software (Adobe Illustrator, Adobe,
California, United States) (Figure S2).

Samples are then clamped in a tensile testing machine (INSTRON 5965, Norwood,
United States). The initial length between the top and bottom clamps is set to 20 cm, equal
to the total height of the samples. Before pressurizing the pouches, we apply a relatively
low negative pressure of -5 kPa to ensure that the initial geometric volume of the pouches
is zero. Then, the pouches are pressurized up to 4 bars in 5 minutes at a constant rate, after
which the pressure is reduced back to -5 kPa at the same rate. Meanwhile the force applied
to the jaws is measured by the INSTRON machine. We refer to this experiment as a blocked-
displacement experiment [251]. Thus, the jaws do not move during the test. The air pres-
sure and air flow are measured by respectively an air pressure sensor (MPX5100DP, NXP,
Eindhoven, The Netherlands), and a low-range flow sensor (HAFBLF0750CAAX5, Honey-
well, North Carolina, United States). Geometrical volume change (Vact) of the samples
is calculated using pressure and mass flow data obtained by the sensors, considering the
ideal gas law.

4.8.3. In vitro quasi-static characterization against no afterload

Although we could assess our concept theoretically by the proposed model, there are some
factors affecting the behavior of the device that are not considered in the model, such as
the exact geometry, and the deformation in the material due to its elasticity. Therefore, to
explore the behavior of the system in a physical setup and to proof the fluidic transmission
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concept experimentally, an in vitro setup was designed and built, enabling us to perform
quasi-static experiments to evaluate and characterize the prototypes. The setup consists
of a chamber containing colored water. A pressure sensor (RS PRO 828-5726, London, Eng-
land, UK) is placed below the chamber to measure the pressure of the water column by
which we could also measure the volume displaced from the prototypes to the chamber,
extracting the volume of the chamber. The aim of this experiment was to assess the behav-
ior of samples with different number of channels against almost no afterload. Thus, no air
pressure is applied to the top of the chamber to simulate afterload, and the only minimum
afterload that is applied to the system is caused by the height of the water column. A digital
pressure controller (VEAB-L-26-D13-Q4-V1-1R1, Festo, Esslingen am Neckar, Germany) is
used to actuate the samples. Six samples underwent this experiment; so called N5, N7,
N9, N11, N13 and N15 with respectively 5, 7, 9, 11, 13, and 15 pouches distributed around
the circumference of the prototype (Figure S1, S3). The prototypes have equal initial cir-
cumference of 22 cm. therefore, the higher the number of pouches, the smaller the size of
each individual pouch. The samples that are tested in the quasi-static setup have a single
opening that is connected to the bottom of the water chamber, through which water flows
into and out from ventricle. To run the system, we slowly increase the pressure linearly
from -5 kPa to 70 kPa in 90 seconds (0.83 kPa/s) to make sure that there are no dynamic ef-
fects. The pressure inside the pouches is measured by a pressure sensor (MPX5100DP, NXP,
Eindhoven, The Netherlands) during the cycle. In order to measure volume displacement
of the pouches, we employed a one-directional thermal mass flow sensor (AWM5101VN,
Honeywell, North Carolina, United States) measuring mass of air into and out from the
pouches. To use only one sensor for measuring both inflow and outflow, we put it in a
circuit by which we could change the flow direction using manual valves, so that the flow
is always passing through the flow sensor in the same direction, whether it is inflow or
outflow (Figure S4). We wait 10 seconds between each step to let the system settle, and to
change the flow direction. Volume displacement of the pouches is then calculated by the
pressure and mass flow, considering the ideal gas law.

4.8.4. In vitro quasi-static characterization against physiologi-
cal afterloads

To evaluate the prototypes working against afterloads comparable to physiological pres-
sures, two of the samples (N9, N11) were chosen to undergo quasi-static experiments with
applied afterload above the water chamber. In this experiment, the chamber was closed
off, and the air pressure above the chamber was set and controlled by a digital pressure
controller (VEAB-L-26-D13-Q4-V1-1R1, Festo, Esslingen am Neckar, Germany) and mon-
itored by a pressure sensor (RS PRO 828-5726, London, England, UK). The pressure con-
troller was used to maintain the pressure above the water constant during each test. The
samples were tested four times against respectively 5, 10, 15, and 20 kPa. It should be
noted that these are values to which we set the pressure controller, above the minimum
pressure of 3.8 kPa. Thus, the pressure inside the ventricle is slightly higher than that be-
cause of the water height. We used the data from the pressure sensors (RS PRO 828-5726,
London, England, UK) on top and bottom of the chamber to calculate water displacement.
A full actuation cycle consists of inflating the pouches from -5 kPa up to 70 kPa linearly in
90 seconds (0.83 kPa/s) by a proportional pressure controller (VEAB-L-26-D13-Q4-V1-1R1,
Festo, Esslingen am Neckar, Germany), then waiting for ten seconds to settle and deflating
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the pouches back to -5 kPa. We repeat each cycle 3 times against each afterload condition.
We used a thermal mass flow sensor (AWM5101VN, Honeywell, North Carolina, United
States) and a differential pressure sensor (MPX5100DP, NXP, Eindhoven, The Netherlands)
to characterize the flow and pressure in the pouch, respectively. The geometric volume of
the pouch actuator V4 was calculated by

Va = Pathp_o n det‘ Troom . Patm

PA + Pam Pa + Pam Tzero’

where Q is the mass flow rate (at standard temperature and pressure) measured by

the flow sensor, Py is the pouch actuator pressure (relative to atmosphere pressure Patm)

measured by the pressure sensor, 15  is the initial geometric volume of the pouch at atmo-

sphere pressure, Tyoom =293 Kand T, = 293 Krepresent the room and zero temperature,

respectively. We assume that p o= 0 since the pouch was vacuumed at -5 kPa in each test.
Therefore, the geometric volume change of the pouch was calculated by

(4.6)

AVp=Vy—Vp_o=Va. 4.7)

We used a pressure sensor (RS PRO 828-5726, London, England, UK) to measure the

water pressure inside the ventricle P (relative to atmosphere pressure). We placed two

pressure sensors (RS PRO 828-5726, London, England, UK) at the top and bottom of the

water cylinder, respectively, in order to measure the change of the height of the water col-
umn AHyater- The geometric volume change of the ventricle AV was calculated by:

AVe = ”RZAHwater ’ (4.8)
where, R is the radius of the water cylinder.
The input work done by the air in the pouch can be calculated by
n Win = fPAdAVA (4.9)

Note that we assume that the initial work done by loading the ventricle is negligible
compared to the input work done by the pouch actuator. The output work done on the
ventricle can be calculated by

WoutszchVc (4.10)

The mechanical efficiency of the LIMO heart is defined as

n= Wout . 100% (4.11)
Win

Figure S5 shows the test results of the artificial ventricles with 9 pouches and 11
pouches, respectively. The input work is calculated by equation (S4), which corresponds to
the area under the pressure-volume curves of the pouch actuator (Figure S5.a, d). The out-
put work is calculated by equation (S5), which corresponds to the area under the pressure-
volume curves of the ventricle (Figure S5.b, e). The mechanical efficiencies of N9 and N11
ventricle are calculated by equation (S6) at various afterloads (Figure S5.c, f). Both N9
and N11 ventricles show higher mechanical efficiency with increasing afterloads. The N9
ventricle shows slightly higher efficiencies than the N11 ventricle. Note that the rise and
fall in the pressure-volume curves of the ventricle in Figure S5.b and e are due to the flow
resistance present in the experimental setup.
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4.8.5. In vitro evaluation in a dynamic test bench

Actuation method: The pouches are actuated pneumatically using a digital pressure con-
troller (VPPE-3-1-1/8-2-010-E1, Festo, Esslingen am Neckar, Germany) in a pulsatile man-
ner. Their inflation induces systole, followed by their deflation to create diastole. The
heart rate is determined by the timing of systolic (ys) and diastolic (Z4;2) phase. To drive
the pouches, two digital solenoid valves (MHE2-MS1H-5/2-QS-4-K, Festo, Esslingen am
Neckar, Germany) connect them to either a pressure containing pressurized air at a fixed
pressure adjusted by the pressure regulator, or a tank with fixed negative pressure (-7 kPa)
generated by a vacuum pump (VN-14-L-T4-PQ2- VQ3-RO2, Festo, Esslingen am Neckar,
Germany). Inflation occurs when the pouches are linked to pressurized air, and deflation
occurs when connected to the vacuum tank. Control over the solenoid valves allows for
adjustments in the beating frequency as well as the timing of systolic and diastolic phase,
facilitating the exploration of the LIMO hearts performance under various conditions. The
maximum pressure inside the pressure tank in these experiments is set to 70 kPa and 50
kPa, when working against respectively aortic and pulmonary conditions. However, we
observed that the pouch actuator pressure does not always reach the set value due to the
circuit resistance at elevated actuation frequencies. This results in a reduction in stroke
volume for increasing the beating rate, which is not intrinsic to the LIMO heart design, but
is a result of the LIMO heart integrated with its pneumatic control system.

Mock circulatory loop (MCL): The prototype N9 was tested in vitro in a single-sided
MCL designed according to the Windkessel model (Figure S6). Our MCL replicates vari-
ous aortic and pulmonary afterloads and preloads, along with peripheral resistances and
compliances for both conditions. The systemic and pulmonary arterial circulations (after-
loads) are modeled with a two-element Windkessel consisting of a compliance chamber
followed by a manually adjustable resistance valve (Type 3232 2/2 way diaphragm valve,
Burkert, Ingelfingen, Germany). The compliance in these chambers can be adjusted by
changing the water level. A pinch valve is employed to replicate vascular resistance for
both pulmonary and aortic conditions separately. Venous compliances and preloads for
the right or left sides are represented using a chamber open to air, where water levels are
adjustable. Pressure under both preload and afterload chambers is monitored by elec-
tronic pressure sensors placed under each chamber (RS PRO 828-5726, London, England,
UK). Cardiac outflow and inflow are measured using ultrasonic flow sensors (DIGIFLOW-
EXT1, Emtec, Finning, Germany) that are clamped on hoses (Tygoné formula E-3603 lab-
oratory tubing Z765139, Saint Gobain, La Défense, France) coming out of the device. For
in vitro testing, tap water was used. All sensor data were captured using a NI-DAQ card
(USB-6218, National Instruments, Austin, Texas, United States).

We tested the N9 prototype under pulmonary and aortic conditions at frequencies set
to 50-100 BPM in steps of 10. Inflation time (Zsys) and deflation time (Zyi,) are set approxi-
mately to 1/3 and 2/3 of the whole cycle duration respectively. Note that the actual beating
rate is less than that what we set due to a delay caused by the software in compiling the
driving script line by line (Table S1).

To analyze experimental data obtained from the MCL experiment and to determine
the actual beating rate, stroke volume, and total cardiac output, a set of data including
5 consecutive cycles is taken out from the steady-state working period that is reached af-
ter adjusting the MCL. The average stroke volume (SVayg) is measured by integrating the
outflow (Qyq4¢er) curves of these five cycles during systole phase and averaging them. How-




64 4. LIMO heart

ever, for some of the experiments, we had to use inflow curves during diastole to measure
stroke volume, since the peak outflow was higher than the normal measuring range (up to
321/min) of our sensors.

SV=\/‘Qwater dr (4.12)

Beating rate (HR) is determined by dividing the total time of these cycles by five and
then, the total cardiac output (CO) is calculated by:

CO = HR x SVpyg - (4.13)
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A soft robotic total artificial
Hybrid Heart

Abstract

End-stage heart failure is a deadly disease. Current total artificial hearts (TAHs) carry high
mortality and morbidity and offer low quality of life. To overcome current biocompatibil-
ity issues, we propose the concept of a soft robotic, hybrid (pumping power comes from
soft robotics, innerlining from the patients own cells) TAH. The device features a pneu-
matically driven actuator (septum) between two ventricles and is coated with supramolec-
ular polymeric materials to promote anti-thrombotic and tissue engineering properties.
In vitro, the Hybrid Heart pumps 5.7 L/min and mimics the native hearts adaptive func-
tion. Proof-of-concept studies in rats and an acute goat model demonstrate the Hybrid
Heart’s potential for clinical use and improved biocompatibility. This paper presents the
first proof-of-concept of a soft, biocompatible TAH by providing a platform using soft
robotics and tissue engineering to create new horizons in heart failure and transplanta-
tion medicine.

Based on: M. Arfaee*, A. Vis*, PA.A. Bartels, L.C.V. Laake, L. Lorenzon, D.M. Ibrahim, D. Zrinscak, A..LPM. Smits,
A. Henseler, M. Cianchetti, PY.W. Dankers, C.V.C. Bouten, J.T.B. Overvelde, J. Kluin, A soft robotic total artificial
Hybrid Heart. Nat Commun 16, 5146 (2025). (* contributed equally)
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5.1. Introduction

End-stage heart failure has a high mortality rate [260], and while heart transplantation is
the best treatment [261], donor hearts are scarce [262]. This limitation has led to the de-
velopment of total artificial hearts (TAHs) and left ventricular assist devices (LVADs). How-
ever, the clinical application of currently available TAHs and LVADs is largely hampered by
their poor biocompatibility [263], mainly caused by their non-physiological way of pro-
pelling blood and the use of non-autologous materials [39]. These factors can induce
thromboembolic complications and bleeding complications due to acquired von Wille-
brand disease or due to the inherent anticoagulation regimen [64]. Another limitation of
the current generation of devices is the use of percutaneous drivelines required for actu-
ation, that carry a high infection risk and significantly impact the patients’ quality of life
[59]. Due to the high complication rate and low quality of life, the currently clinically avail-
able TAHs, SynCardia (SynCardia Systems, Tucson, AZ, USA) and Carmat (Aeson; Carmat,
Vélizy-villacoublay, France), are sparsely implanted [236, 264].

We hypothesize that a TAH in which the pumping (beating) power comes from soft
robotics can propel the blood in a physiological way. Combined with supramolecular coat-
ings to prevent blood clots and integrate with the patient’s cells this could then resultin a
hybrid TAH. Here, we describe the development of the Hybrid Heart as a proof of concept
of a soft robotic heart with some biomimetic properties, such as tissue-engineered inner
lining, electronics-free control of the heartbeat, and wireless energy transfer. As such, the
Hybrid Heart provides a platform to tackle the multiple issues currently associated with
TAHs, with the aim to come closer to the ultimate goal of providing destination therapy for
end stage heart failure. (Figure 5.1).

5.2. Results

5.2.1. Rational and design of the Hybrid Heart

As no TAH is as good as a donor heart [236], we believe that the new generation of TAH
should as closely as possible mimic the anatomy and function of the human heart. As the
human blood vessels and organs are designed to perform under pulsatile blood flow, pul-
satile flow seems to be beneficial over continuous flow in long term [265, 266]. In addition,
propelling the blood in a physiological way is key in preventing thrombotic complications
that are currently seen with LIVADs and TAHs. The use of soft materials can create bio-
inspired motions [243, 267] (including passive Frank-Starling like behavior), and safe in-
teraction with blood and the surrounding tissues [39]. The ideal TAH should therefore be
free from any thrombotic complications. The human heart has two blood chambers (ven-
tricles), separated by a septum, that eject blood simultaneously at each heartbeat. Dur-
ing systole, the ventricular walls and the interventricular septum contract synchronously,
resulting in ejection of blood from both chambers. The contraction of the septum is re-
sponsible for 40% of the left ventricular output and is the major force of ejection for the
right ventricular output [268]. To mimic the human heart contraction closely, an ideal TAH
should have two ventricles and a working septum that contributes to the cardiac output.
In general, a TAH must deliver the same cardiac output as the human heart during resting
and performing light activities, which is 5-6 L/min at a heart rate of 60-100/min [269].
Given the importance of the septum in cardiac function, we conceptualized this in the
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Figure 5.1 | The Hybrid Heart design. The Hybrid Heart is a soft robotic pulsatile TAH that enables a soft con-
tractile motion like the human heart. It is actuated by a pneumatic actuator (septum) positioned between the
ventricles, surrounded by wires that wraps around both septum and each ventricle in a shape of (co).

Hybrid Heart design. The Hybrid Heart has two blood collecting chambers like those in
the human heart, which we refer to as "ventricles". Both artificial ventricles are similar in
shape and size and can hold a maximum volume of 140 ml each. In between the ventricles
of the Hybrid Heart, one soft pneumatic muscle is placed, which we refer to as the septum
with a maximum volume of (~)160 ml. The septum is inflated and deflated using relative
positive or negative air pressure. Multiple inextensible wires, wrapped around the septum
and ventricles in a closed-loop infinity symbol (co), distribute the forces over the surfaces
of both ventricles of the Hybrid Heart (Figure 5.1). Importantly, when the septum inflates,
its internal diameter increases, and more length of each wire goes around the septum. As
the total length of each wire is constant, they squeeze the ventricles, resulting in ejection
of fluid from the ventricles (i.e., blood). Moreover, when the septum is pressurized, it also
pushes against the ventricular walls attached to it. Note that the length of each wire and
the number of wires around each ventricle dictate the stroke volume ejected by the Hybrid
Heart. A deflated septum represents diastole, enabling the passive filling of the ventricles.
This process is further supported by the native atria, which remain intact just before the
inlet valves, functioning similarly to the ventricles in our native heart [270].

Typically, soft robotic devices are fabricated using extensible materials, such as sili-
cones and soft polyurethanes [52, 53], as their functionality often relies on their mate-
rial extensibility. However, the durability of these materials when stretching them for as
much as 3 billion times in a lifetime at frequencies ranging from 60 to 100 Hz, is a major
issue. Here, we opted to develop a concept, in which we can also use thin and flexible
yet almost inextensible materials, exploring another material type and actuation method,
and expanding the library of soft robotic techniques used in implantable applications. Al-
though its improved durability is yet to be confirmed by more studies and also design
optimizations to prevent stress concentrations, this approach fundamentally reduces wall
stretch as the softness originates from bending rather than stretching, thereby creating
an optimal condition for in situ tissue engineering. We used nylon with a coating of ther-
moplastic polyurethane (TPU, 70 den, 170 g/qm, extremtextil, Dresden, Germany) for the
ventricles and the septum.
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Each ventricle has one inlet and one outlet for blood, which can be fitted with any valve
type to direct the blood flow. In this proof of principle, we opted for mechanical heart
valves for pragmatic reasons, as they are easy to sanitize and can be stored in a dry stage.
The Hybrid Heart weighs 62 g including both ventricles, the pneumatic muscle, wires and
four mechanical heart valves (when empty). The length from valves to apex is 11 cm and
the maximum width is 10 cm.

5.2.2. In vitro quasi-static experiments

In the in vitro quasi-static experiments, we found that the Hybrid Heart only started to
contract after the septum pressure reached a critical value, and only returned to its ini-
tial shape at a significantly lower critical value, indicating hysteresis in the mechanical re-
sponse (Figures B.3, B.4, B.5, B.6). Importantly, this effect mainly originates from mechani-
cal hysteresis intrinsic to the Hybrid Heart design and not from friction between wires and
the fabrics, which we concluded from a simplified analytical model (Figures B.7, B.8, B.9).
The hysteresis results in a slow buildup of pressure in the ventricles and leads to a fast ac-
tuation and contraction of the ventricles. Note that this slow buildup of pressure inside
the ventricles (isovolumetric contraction phase) and rapid increase during contraction re-
sembles the pumping physiology of the human heart [263].

Top
(Intraventricular)

Front

Systole

Diastole

Figure 5.2 | Hybrid Heart in front view (left images) and the view inside the ventricle, captured by a laparoscope
(right images), during systole and diastole.
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5.2.3. Dynamic test bench performance

Dynamic behavior of the Hybrid Heart was evaluated in a mock circulatory loop (MCL)
(Figures B.11, B.12). Figure 5.2 shows the Hybrid Heart prototype at end systolic and end
diastolic conditions. We found that, under physiological conditions (Figure 5.3.a), the left
ventricle of the Hybrid Heart has a maximum cardiac output of 5.71 + 0.04 L/min at 60
beats per minute (bpm) (Figure 5.3.b). Since a portion of blood ejected by the left ventricle
is shunted directly to the left atrium via the bronchial circulation [154], higher ventricular
outputs of the left ventricle are needed compared to the right ventricle. Therefore, we set
the right ventricular output to a lower value of 5.02 + 0.08 L/min. We were able to decrease
the right ventricular output relatively to the left ventricular output by adjusting the length
of the wires around the right ventricle.
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Figure 5.3 | In vitro test results of the Hybrid Heart. All tests were performed in the double MCL. a) On top,
pressure curves measured during hybrid heart operation in the MCL, followed by pressure curves of the native
heart below. AOP: aortic pressure, PAP: pulmonary artery pressure, LAP: left atrial pressure, RAP: right atrial
pressure. b) Flow curves measured during hybrid heart operation in the MCL, followed by flow curves of native
heart below [271, 272]. AO: blood flow in aorta, PA: blood flow in pulmonary artery.

The human heart automatically balances its cardiac output through the Frank-Starling
mechanism [273]. A TAH needs to have a similar mechanism that allows for increased car-
diac output when the preload increases, otherwise severe complications such as respira-
tory failure can occur. Ideally, this mechanism should be passive, to avoid the use of addi-
tional hardware and sensors that are often prone to failure [274]. In the Hybrid Heart, we
solely use inextensible materials that are inherently non-compliant in comparison to the
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Figure 5.4 | In vitro characterization of Hybrid Hearts preload and afterload sensitivity. All tests were per-
formed in the double MCL at different heart rates of 60, 70, and 80 BPM. Data are presented as mean * SD of
n =5 cycles. a) The relation between varying left preload (4-20 mmHg) versus left cardiac output. b) The rela-
tion between varying right preload (4-20 mmHg) versus right cardiac output. c) The relation between varying
left afterload (MAoP) (60-120 mmHg) versus left cardiac output. d) The relation between varying right afterload
(MPAP) (15-35 mmHg) versus right cardiac output. e) Hybrid Hearts reaction to left-to-right preload imbalance
of approximately 12 mmHg. f) Hybrid Hearts reaction to right-to-left preload imbalance of approximately 12
mmHg.

stiffness of the human heart. However, in our design the ventricles can be compliant be-
cause of their geometry and the compliance of the air in the septum. With the laparoscopic
camera, we observed that during contraction, multiple folds and wrinkles are formed in
the ventricles (Figure 5.2). In addition, the laparoscopic test (Figures B.24, B.25) showed
that the ventricles do not completely distend during diastole, allowing for a buffer volume
inside the ventricles for increased venous return (preload sensitivity). In case of a rise in
venous return, the folds straighten, resulting in an increased stroke volume. Preload sen-
sitivity of the left and right ventricles is illustrated in figures 5.4.a and 5.4.b as a function
of preload and heart rate. At the heart rates of 60 and 70 bpm, cardiac output seems to in-
crease almost linearly by increasing the preload on both sides. Preload sensitivity of 0.0701
and 0.0894 L/min/mmHg are measured respectively for left and right ventricles at 60 bpm.
By increasing the heart rate to 70 bpm, both left and right preload sensitivity decreases
slightly to respectively 0.0577 and 0.0674 L/min/mmHg. However, we observe different be-
havior at higher heart rate of 80 bpm, where we can identify two distinct region of preload
sensitivity for right ventricle. From 4 to 8 mmHg, right CO increases from 4.55 L/min to 6.2
L/min, resulting in a preload sensitivity of 0.4354 L/min/mmHg, after which CO remains
approximately constant at 6.36 + 0.07 L/min. Same trend is observed for left side as well,
where the CO of 80 bpm at 4 mmHg is lower than CO at 70 bpm, and increases rapidly by
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increasing the preload. However left preload sensitivity can be divided into three regions.
Firstly, from 4 to 6 mmHg where the Hybrid Heart ejects 0.550 L/min extra for each mmHg
of preload rise. Between 6-12 mmHg and 12-20 mmHg, left preload sensitivity decreases to
respectively 0.1538 L/min/mmHg and 0.0511 L/min/mmHg. In general, the mean preload
sensitivity of the left ventricle is calculated as 0.176 + 0.213 L/min/mmHg. Regarding af-
terload sensitivity, we found that the Hybrid Hearts left ventricle ejects 28 § 1 mL/min less,
for each mmHg afterload rise. As illustrated in figure 5.4.c, heart rate has almost no effect
on afterload sensitivity of the Hybrid Heart on both sides. Same trend applies to the right-
side afterload sensitivity (Figure 5.4.d). While, it has higher afterload sensitivity by ejecting
104 + 23 mL/min less, for each mmHg afterload rise. It should be noted that we could not
have perfect control over right afterload at higher frequencies due to the limitations of our
MCL. However, we assumed that it is not affecting the characterization of the afterload
sensitivity, as CO decreases quite linearly by increasing the afterload (Figure 5.4.c, 5.4.d).

Figures 5.4.e and 5.4.f demonstrate the ability of the Hybrid Heart to passively adjust
the left and right CO in case of acute imbalance in left and right preloads. As shown in fig-
ure 3.e, by increasing right preload from 10 to 16 mmHg, and decreasing left preload from
10 to 4 mmHg, right SV increased dramatically up to 25%, while left SV also decreases
10%, resulting in balancing the preloads after approximately 60 beats. However, the Hy-
brid Heart was not able to fully maintain balanced output in reverse scenario, where right
preload is decreased from approximately 10 to 4 mmHg, and left preload is increased from
10 to 15 mmHg (Figure 5.4.f). This can be due to different preload sensitivity of right
and left ventricle in the preloads ranged between 4-16 mmHg at 60 bpm. As illustrated
in figures 5.4.a and 5.4.b, right-side preload sensitivity becomes higher at 10-16 mmHg
(0.1256 L/min/mmHg) than 4-10 mmHg (0.0734 L/min/mmHg), while on the other side,
left-side preload sensitivity is higher at 4-10 mmHg (0.1009 L/min/mmHg) than 10-16
mmHg (0.0504 L/min/mmHg). This can explain the better performance of the Hybrid
Heart at 60 BPM, when right preload becomes higher than left preload.

4D flow magnetic resonance imaging results revealed that the flow during the filling
and ejection phases of the Hybrid Hearts ventricles is laminar (Figure B.13).

5.2.4. Acute animal experiment

As a proof of concept, we assessed the performance of the Hybrid Heart in an acute goat
animal model, excluding the use of a biocompatible coating, and implantable driving sys-
tem. Prior to the animal trial, we conducted an in vitro experiment against physiological
pressures using the exact same prototype for more than two hours (>7000 cycles), to en-
sure its durability within the time range of an acute animal experiment. During open heart
surgery, we placed the goat on cardiopulmonary bypass. After removal of the native goats
ventricles, we surgically implanted the Hybrid Heart in the pericardial space. After de-
airing and weaning from cardiopulmonary bypass, the Hybrid Heart was fully responsible
for all blood flow in the goat during a 50 min testing period. We actuated the Hybrid Heart
at 65 bpm, and we obtained 2.275 + 0.035 L/min of cardiac output on both the left and
right ventricles (average stroke volume 35 ml) (Figure 5.5). Throughout the testing period,
we recorded a mean aortic pressure of 49 mmHg and a mean pulmonary artery pressure of
17 mmHg from the data of two pressure sensors in the ascending aorta and the pulmonary
artery. An additional pressure sensor in the iliac artery recorded systemic blood pressures
between 70/35 mmHg and 105/46 mmHg (Figure 5.5.e). After 50 minutes we had to stop
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the experiment due to a leakage in the pneumatic septum. The leakage was because of the
delamination between TPU (inner layer) and nylon (outer layer) at the heat-sealing line.
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Figure 5.5 | Test results of the Hybrid Heart in vivo experiment in an acute goat experiment. All data cor-
responds to the period during which the Hybrid Heart was providing all the blood flow in the animal, without
additional support of the cardiopulmonary bypass. Data are presented as mean + SD of n = 20 cycles with shaded
error bars. a) Systemic pressures measured during the in vivo experiment. AOP: aortic pressure, LVP: intra ven-
tricular pressure of the left ventricle, LAP: left atrial pressure. b) Aortic flow during the animal experiment. c)
Pressures of the pulmonary circulation measured during the animal experiment. PAP: pulmonary artery pres-
sure, RVP: intra ventricular pressure of the right ventricle, RAP: right atrial pressure. d) Pulmonary flow during
the acute goat experiment. e) Screen capture of the monitor during the animal experiment. Red line shows the
blood pressure measured in the iliac artery (100/46 mmHg, mean 58 mmHg). f) Photo of the Hybrid Heart im-
planted in the goat.
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5.2.5. Biocompatible coating

The biocompatibility of the blood contacting surfaces of the Hybrid Heart was achieved
by functionalizing a polycaprolactone bisurea (PCL-BU) coating with heparin to create
an anti-thrombogenic surface. To bind heparin onto the TPU-coated nylon material, a
heparin binding peptide was added to the system through coupling to a bisurea linker
(BU-HBP) allowing incorporation into the bisurea stacks formed in the system (Figure 5.6).
Incorporation of 20 mol% of BU-HBP in the supramolecular coatings showed a reduction
in water contact angle (Figure 5.7.a).
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Figure 5.6 | The biocompatible inner lining for the Hybrid Heart, In vitro studies on coated and uncoated
TPU-coated nylon. a) Schematic overview of the different grafts used in the in-vitro and in-vivo rat studies. b)
Chemical structures of Nylon, TPU, PCL-BU, heparin and BU-HBP.

This increased hydrophilicity was expected because of the polar amine side chains and
amide bonds of the BU-HBP molecule. To evaluate the heparin binding to these surfaces,
they were incubated in a solution containing heparin coupled with fluorescein isothio-
cyanate dye for 2 hours. When the BU-HBP concentration was increased to 20 mol%,
the fluorescence intensity of that solution dropped (Figure 5.7.b), which indicated that
heparin-FITC had specifically adsorbed to this coating. 24 hour testing with human um-
bilical vascular endothelial cells showed no cytotoxicity of the raw PCL-BU material, nor of
the PCL-BU + BU-HBP coating (Figure 5.7.c) Thereafter, the anti-thrombogenic properties
of the heparin functionalized coatings were investigated by incubating the materials with
human blood plasma for 60 min and scanning electron microscopy analysis afterwards.

On the uncoated TPU-coated nylon material, large platelet aggregates were observed.
The TPU-coated nylon with a heparin-functionalized PCL-BU + BU-HBP coating, led to
a reduction in platelet adhesion (Figure 5.8). Secondly, we assessed the biocompatiblity
of the supramolecular coatings on the TPU-coated nylon base material during an in vivo
trial in rats. We fabricated vascular grafts from TPU-coated nylon that we implanted as
interposition grafts in the rat abdominal aorta (n=20) (Figure B.17). The rats were ran-
domly allocated to the experimental groups. The investigators were blinded to group al-
location during data analysis. By comparing the biocompatibility of vascular grafts made
from i) uncoated TPU-coated nylon, ii) TPU-coated nylon coated with PCL-BU or with
PCL-BU + BU-HBP (without heparin), and iii) TPU-coated nylon coated with PCL-BU +
BU-HBP functionalized with heparin, a high number of thrombotic incidents with the un-
coated TPU-coated nylon grafts was observed. However, the addition of PCL-BU + BU-
HBP + heparin as a coating showed positive results, with the majority of grafts remaining
patent (Figures B.18, B.19, B.20, B.21, B.22, B.23, B.24, B.25). These findings suggest that
supramolecular coatings based on bisurea polymers modified with heparin via heparin-
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Figure 5.7 | a) water contact angles of TPU-coated nylon material with and without PCL-BU coating with or
without 5 or 20 mol% BU-HBP. Data are presented as mean + SD of n = 3 groups, each containing 3 samples. b)
Fluorescence of solution taken from TPU-coated nylon coated with PCL-BU with or without 5, 10 or 20 mol%
BU-HBP. Data are presented as mean + SD of n = 3 samples. c¢) Cytotoxicity determined from LDH assay of TPU-
coated nylon material with and without PCL-BU coating with or without 5 mol% BU-HBP. Data are presented as
mean + SD of n = 4 samples.

binding additives reduce the thrombogenicity of TPU-coated nylon.

To implement the supramolecular coating in the Hybrid Hearts ventricles, we coated
its entire blood contacting surface (TPU-side) with PCL-BU through solution-casting. We
characterized, by means of chemical analysis, the TPU-coated nylon materials surface
with the PCL-BU coating before and after conducting tests in the MCL. We found that
after conducting the experiments in the MCL, the PCL-BU coating was still present on the
inside of the ventricles (Table B.4). This proves that the supramolecular coating is firmly
attached to the Hybrid Heart ventricle even when exposed to flow hemodynamics simulat-
ing physiological conditions.

5.2.6. Fully implantable control system exploration

During all above-mentioned in vitro and in vivo experiments, the Hybrid Heart prototype
was actuated using an open pneumatic system that is suitable for extra-corporeal opera-
tion only. For future translation to the clinic, our objective is to develop a closed fluidic
driving system, that is completely implantable. Towards this future driving system, we
explored if it is possible to provide the required pressure profile to the Hybrid Hearts sep-
tum using a recently developed soft robotic actuation mechanism (including a hysteretic
valve) that does not depend on electronics to generate a beating sequence [275]. This ac-
tuation system, the hysteretic valve, autonomously and passively transforms the constant
flow provided by a continuous flow air pump into pressure pulses that generate the heart-
beat for the Hybrid Heart (Figure 5.10.a). This method greatly simplifies the driving system
and reduces the number of failure-prone components such as electromechanical valves.
The envisioned total pneumatic driving system consists of an implanted continuous flow
air pump, an air container, and a soft hysteretic valve, connected to the septum in a closed
circulation (Figure 5.10.c).

By furthermore integrating the closed fluidic system to a transcutaneous energy trans-
fer (TET) system, the electrical energy to the pump is provided wirelessly, eliminating the
need for external drivelines (Figures 5.10.c, B.15). An external battery or power supply
powers the external coil of the TET system, that is placed on the patients skin. The external
TET coil generates an electromagnetic field which transmits power to the subcutaneously
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Figure 5.8 | SEM images of platelets adhered to the TPU-coated nylon materials with and without PCL-BU coat-
ing with or without 5 or 20 mol% BU-HBP either with heparin functionalization or without.

implanted internal TET coil, while leaving the skin intact. The internally implanted con-
troller provides a stable output voltage to the implanted continuous flow air pump and
the implantable battery packs. This approach reduces the risk of infection and enhances
quality of life, as it allows future patients to temporarily detach from a power source and
freely engage in activities like showering or swimming.

We performed an initial integration experiment to demonstrate the feasibility of this
powering and actuation concept. In this experiment we used a TET system to transfer
power to a continuous flow air pump connected to a closed fluidic circuit, that actuated
the Hybrid Heart connected to the MCL (Figures 5.10.c, B.16). Upon powering the con-
tinuous flow air pump, the Hybrid Heart automatically starts to beat at a heart rate of 35
bpm. The beat rate and applied pressure profile are not real-time controlled, but resulted
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Figure 5.9 | Pre-clinical assessment of the grafts. a) Schematic drawing of the graft design with cross sectional
view as well. b) Picture of fabricated graft. c) Picture of implanted graft in rat aorta. d) Assessment of the grafts
in terms of occlusion based on hind leg movement and explantation.

from the air chamber, septum, and hysteretic valve properties. In this particular configu-
ration, it provides a left stroke volume of 31 mL against a mean afterload of 66 mmHg, and
a right stroke volume of 59 mL against a mean afterload of 12 mmHg. The difference in
cardiac output is compensated by a shunt connected between the left and right preload
chambers. Importantly, by varying the power supplied to the continuous flow air pump,
we can modulate the cardiac output while the system is running, enabling periodic tun-
ing or even real-time feedback control in the future. Note that pump speed mainly affects
heart rate, not stroke volume (Figure 5.10.b). While these results demonstrate the concept,
it should be mentioned that the cardiac output is still low. That is because in this initial
experiment, compared to the traditional driving system, we are limited by the available
power provided by the TET system. This is not a limitation of the TET system as such,
nor a limitation of the valve and fluidic circuit itself, as higher input energy will result in a
higher cardiac output (Figure 5.10.b). Therefore, we aim to improve the energy efficiency
of the control system in combination with the Hybrid Heart in the future.

5.3. Discussion

We are on the brink of a new era in which soft robotic technologies are making significant
advancements. We present first evidence that soft robotic techniques can be successfully
utilized to create a TAH capable of delivering adequate cardiac output under physiologi-
cal hemodynamic conditions in vitro, and can be successfully, though for now still with



5.3. Discussion 77

a c
g2 — right
£ — Jeft to MCL HH
P <=- septum
2
& 200
% air container
g 100 4 [ .
e 221 222 223 224 225 226 | opnf:muous
| time (s) | - J/ air flow
! [
by Ll 3 (
— L right hysteretic valve \]
3 o -
S 4 ' ] 1 air container pump
n — left i ——
20 B ‘
2s L
o CE et bttt
'\_,—-W—\ N
E " [ ] Fight
=15 '
o K
(@] left
08 [N
6
E ]
@ 32 i ___ 3=
I M A
T

= \W
]
% 2 W\.—/W\....._-...... external
20 L L internal
200 250 300 350 400
time (s)

Figure 5.10 | Integration test with implantable control system. a) Left and right ventricular output flow (top
panel) as a result of pressure pulses provided to the septum (bottom panel). b) (all panels show 10-beat mov-
ing average values). Two vertical solid lines indicate two instances where input power is manually decreased to
demonstrate the effect of electrical input power on hybrid heart output. SV = stroke volume, CO = cardiac output,
HR = heart rate, P = electrical power. ¢) Components of the experimental setup, showing how the septum of Hy-
brid Heart is connected in line with the sealed air circulation of the implantable control system. The ventricles of
the Hybrid Heart are connected to a MCL. A horizontal dashed line demarcates the division between the internal
and external components of the TET system.

subphysiological performance, implanted and actuated in the acute animal model. Our
research has shown that the arrangement of wires, including their number and length,
has impact on the ventricular performance, thereby making this technology potentially
applicable to patients with various pathologies (Table B.1). For instance, patients with
pulmonary hypertension could benefit from wire adjustments to the right ventricle, that
allow the right ventricular contractile force to be equal or even outperform the force of the
left ventricle to overcome the pathological high pressures in the pulmonary circulation.
Indeed, further studies are essential to characterize the effect of wire configuration (num-
ber, length, and position) on the cardiac output, which enable us to create a more robust
design and utilize this adjustability as a solution for patients with different pathologies.
On itself, the Hybrid Heart shows preload sensitive behavior due to its geometry, vary-
ing from 0.0510 to 0.550 L/min/mmHg (0.176 + 0.213 L/min/mmHg) at different preloads
(Figure 5.4.a, 5.4.b), which is somewhat lower than the values reported for native human
heart varying from 0.213 to 0.241 L/min/mmHg 23,24. Regarding afterload sensitivity,
comparing the right and left side, for a mmHg increase in the arterial pressure, right CO
reduction is 3 to 4 times more than the reduction in left CO (Figure 5.4.c, 5.4.d), which
is comparable with human heart performance [275, 276]. By developing and implement-
ing additional mechanisms that enhance preload sensitivity, the Hybrid Heart will ulti-
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mately be able to adapt to a larger range of hemodynamic conditions, while maintaining
balanced cardiac output at different conditions. One possible approach is the implemen-
tation of origami [277, 278] folds in the ventricles to allow for additional buffer volume for
increased venous returns, while keeping the end systolic volume constant. Such origami
folds may also positively affect blood-material interactions, similar to corrugations in the
endocardium arterial lumen [279]. These adjustments may also be tailored to the patients
specific needs. For example, patients with a large bronchopulmonary shunt flow may ben-
efit from extra buffer volume in the left ventricle. Another benefit of soft artificial hearts
in general, is that the patient may be resuscitated via chest compressions until the patient
is connected to extracorporeal membrane oxygenation (ECMO), in case of an acute emer-
gency. This is impossible with the currently available LVADs and TAHs.

Balancing left and right ventricular outputs in a TAH is challenging due to dynamic
hemodynamic changes and the higher afterload on the left ventricle, which limits its
stroke volume. Failure to maintain this balance can result in severe complications, such
as lung edema and respiratory failure, which are common causes of death in chronic ani-
mal trials with TAHs [280]. Existing TAH designs use various methods to achieve balanced
output, including compliant ventricular materials, passive shunts, active control mech-
anisms, and size adjustments of the right ventricle [280], among which Passive preload-
sensitive mechanisms offer advantages over sensor-based systems, which are prone to
malfunctions [236]. Our studies illustrates that the Hybrid Heart is able to provide bal-
anced output by adjusting the wire length around each ventricle, and due to its preload
sensitivity, it can inherently balance the output in case of any acute changes in the sys-
tem (Figure 5.4.e, 5.4.f). However, we are aware that it is still limited to a few conditions
and can probably not cover all possible condition that may happen in the human body.
Therefore, our aim for future studies is to identify, explore, and employ the inherent prop-
erties of soft materials and structures for passive ventricular filling and output regulation,
leading to a sensorless and robust system.

To enhance its biocompatibility, we introduced the concept of a Hybrid Heart by com-
bining soft robotics that deliver contraction, with supramolecular coatings that are modu-
lar and have the potential for dual functionalization to combine anti-thrombogenic prop-
erties while stimulating endogenous endothelialization through in situ tissue engineer-
ing to ensure long-term hemocompatibility, potentially without the long-term use of anti-
coagulants. These materials allow for the incorporation of functional additives, such as
peptides or extra cellular matrix derived molecules through a mix-and-match approach
[280, 281]. Such biomaterials have proven suitable for in situ tissue engineering in clinical
and large animal trials for cardiovascular applications such as heart valves [215, 282, 283],
vascular grafts [284] and cardiac patches [285], which also proves their scalability to larger
models. These cell-free constructs made from biomaterials are designed to induce regen-
eration upon implantation, directly at the functional site [286]. Our proof-of-concept in
vitro and in vivo (rat) experiments show that supramolecular coatings can potentially be
used to improve the biocompatibility of the blood contacting surfaces of the Hybrid Heart.

The presence of folds may be an important finding for further optimization of the
supramolecular coatings to grow an endothelial monolayer, as folds have been suggested
as mechanostructural cues to modulate cell fate and the initial infiltration of immune cells
(such as neutrophils) upon implantation in vivo [287]. Future research, by means of e.g.,
computational fluid dynamics (CFD)-CT, needs to assess if these folds result in blood sta-
sis or not. The native human heart also has folds on the inside that probably are at the
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same location at every heart cycle and do not result in stasis of blood; usually blood stasis
only occurs in areas with no contractility (e.g., ventricular aneurysm following myocar-
dial infarction). To further enhance the biocompatibility of the Hybrid Heart, a coating
that promotes the recruitment of host cells to initiate endogenous colonization of the ven-
tricular surfaces, ultimately forming a functional endothelial monolayer [288] could be
used. Previously, we have found that the binding of endothelial cells to supramolecular
materials can be further improved through functionalization with vascular endothelial
growth factor (VEGF) [288]. A next step is to translate the cell-binding properties to the
BU supramolecular system, that is used for the coating of the Hybrid Hearts ventricles.
Ultimately, the potential dual activity of the Hybrid Hearts blood-contacting surfaces will
be investigated, both as an anti-thrombogenic surface (e.g., heparin) and as an inducer of
endothelial monolayer formation (e.g., VEGF).

Use of a TET system reduces the risk of infection and enhances quality of life, as it al-
lows patients to temporarily detach from a power source and freely engage in activities
like showering or swimming. We aim to improve the energy transfer of the actuator to
the blood, redesign the architecture of the fluidic circuit, and develop pneumatic pumps
specifically designed for the hybrid heart. By further optimizing the integral system de-
sign, we aim to achieve an efficiency, such that the system can provide sufficient cardiac
output using 25 W of electrical energy, the power that our TET system can continuously
supply. This research represents a collaborative effort across multiple disciplines, estab-
lishing a platform that facilitates future investigations. Though, it is important to note
that all ingredients together still have to be tested in (chronic) large animal studies. In con-
clusion, soft robotics technology can be a game-changer in developing TAHs by enabling
biomimicry designs that have the potential to evolve into more efficient, biocompatible
and blood friendly devices. This paper presents the first proof-of-concept of a soft, bio-
compatible TAH and, as such, creates a new horizon in the treatment of heart failure and
transplantation medicine that is not currently available or anticipated.

Limitations and future perspective

It is important to note that this study presents a first important step in bridging several
fields, yet all ingredients together still have to be improved and tested in animal studies.
For practical reasons, we did not use medical-grade materials yet. The material used here
for prototyping the ventricles and the septum (TPU-coated nylon) was chosen for its cost-
effectiveness and ease of use. Moreover, the heat-sealing technique is also utilized only as
a fast-prototyping method that enable us fabricate and test the samples easier and faster
for further improvements. Future studies will be performed on developing and evaluating
new fabrication methods employing durable and biocompatible materials.

Since the Hybrid Heart is soft, it is crucial to consider the interaction between the de-
vice and its surrounding organs after implantation and how the device responds in differ-
ent conditions. This includes some optimizations on its size, design, and also anatomical
shape. Moreover, the whole device including the full fluidic circuit, electronics and the
TET system are not yet fully implantable. Future studies and developments are needed to
assess and increase energy efficiency of the system, by which we hope to minimize the size
of the whole system and bring it closer to a fully implantable device.

In this study, pneumatic actuation was selected for in vitro experiments due to its sim-
plicity and ease of use. However, it is not an ideal long-term solution, as it poses safety
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concerns and limits device controllability. Additionally, air compressibility restricts the de-
vice from providing higher outputs at higher frequencies, as we observed that the cardiac
output starts to decline after reaching a certain beating rate (Figure B.10). To overcome
these limitations, future research should focus on developing a hydraulic septum and ac-
tuation system, enabling more precise volume-controlled experiments both in vitro and
in vivo. It should be noted that the Hybrid Heart already demonstrates a very limited ef-
fect of heart rate on afterload sensitivity (Figure 5.4.c, 5.4.d), suggesting the potential for
a simpler control system.

5.4. Methods

5.4.1. Design and fabrication

We customized a CNC machine (Felix Tec4, FELIXprinters, Ijsselstein, The Netherlands)
to heat-seal two layers of TPU-coated nylon together using a specifically pattern de-
signed in a 2D design software (Adobe illustrator, Adobe, California, United states) (Fig-
ure B.1.a, B.1.b). We then inserted the TPU-coated nylon ventricles and septum (Fig-
ure B.1.c) into a polyester fabric sleeve that is used to guide the wires and keep them in
plane (Figure B.2). Multiple inextensible wires (100% Fluorocarbon, 0.46mm, SavagaGear,
Gadstrup, Denmark), wrapped around the septum and ventricles in a closed-loop infinity
symbol (oc0), distribute the forces over the surfaces of both ventricles of the Hybrid Heart
(Figure 5.2). We used four mechanical valve prostheses (Sorin Bicarbon, Sorin Group, Mi-
lan, Italy) as inflow and outflow valves with diameters of 21 mm and 27 mm respectively.

5.4.2. Actuation method for in vitro and in vivo experiments

The septum is inflated to induce systole and then deflated to create diastole. For driving
the septum in the MCL and the in vivo experiments, two digital solenoid valves (MHE2-
MS1H-5/2-QS-4-K, Festo, Esslingen am Neckar, Germany) connects the septum to either
pressurized air or vacuum. By controlling the opening and closing of the solenoid valve,
we are able to adjust the beat rate and also the systole and diastole timing to explore and
investigate the working behavior of Hybrid Heart under different conditions. The air pres-
sure is set by a digital pressure regulator (VEAB-L-26-D18-Q4-V1-1R1, Festo, Esslingen am
Neckar, Germany). The vacuum is generated continuously, using a vacuum generator (VN-
14-L-T4-PQ2- VQ3-RO2, Festo, Esslingen am Neckar, Germany). The maximum pressure
inside the septum can be set according to the preferences and is normally in the range of
70 to 100 kPa.

5.4.3. Quasi-static in vitro experiments

In the experiments to determine the mechanical characteristics of Hybrid Heart, we mea-
sure pressures in each of the chambers directly with a pressure sensor (MPX5100DP, NXP,
Eindhoven, The Netherlands). Concurrently, we measure bidirectional flow into and out of
each of the chambers and integrate to obtain volumes. To measure flow, we place custom-
built restrictions in line with the air connections to the chamber and we measure the pres-
sure drop over these restrictions to obtain standard flow rates. In a separate experiment
we calibrated the pressure drop over the restrictions against known standard flow rates
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produced by a mass flow controller (SLA5850, Brooks Instrument, Hatfield, Pennsylvania,
USA), at various absolute pressures.

In all quasi-static in vitro experiments, we pressurize the left and right ventricle with
pressure controllers (VEAB-L-26-D13-Q4-V1-1R1, Festo, Esslingen am Neckar, Germany),
each set to its individual setpoint pressure. Then, in pressure-controlled experiments, we
cycle septum pressure (using a third pressure controller (same type as for the ventricles).
We first pressurize the ventricles and let them settle for 30 s. Then, we increase the septum
pressure from 0 to 80 kPa in 20 s, we hold the septum pressure for 15 s, and decrease from
80 kPa to 0 in 20 s, while monitoring all pressures and volumes.

In volume-controlled experiments, we use a mass-flow controller (MFC) (SLA5850,
Brooks Instrument, Hatfield, Pennsylvania, USA) to inflate the septum at a controlled
(quasi-static) rate of 0.2 SLPM (standard liter per minute). Thereto, we connect the out-
flow of the MFC to the septum via a solenoid-operated three-way valve. To deflate the
septum, we connect a restriction (918050-TE, Metcal, Menlo Park, CA, USA) to the septum
via a solenoid-operated two-way valve. We turn on the MFC at the desired flow rate and let
the flow stabilize, while the three-way valve is set to vent the air to the surroundings. Then,
we switch the valve so that the air inflates the septum. After 50 s, we switch the three-way
valve to its initial position, to stop inflow. After another 5 s, we switch the two-way valve,
such that the septum deflates, for 100 s.

5.4.4. Evaluating the dynamical behavior of the Hybrid Heart

Mock circulation loop: Our double MCL (Figure B.11, B.12) can mimic various systemic
and pulmonary afterloads and preloads, as well as systemic and pulmonary peripheral re-
sistances and compliances. The pulmonary and systemic arterial circulations (afterloads)
are both simulated using a two element Windkessel containing a compliance chamber fol-
lowed by an adjustable resistance valve (Type 3232 2/2 way diaphragm valve, Burkert, In-
gelfingen, Germany). These afterload chambers are sealed with a lid, and the compliance
can be adjusted by altering the water level in the chamber. The resistor valves are manually
adjustable and are used to simulate vascular resistance (for pulmonary and systemic sides
separately). Venous compliances and preloads are simulated using an open to air chamber
for right and left side separately, in which the water level can be altered. All preload and
afterload pressures are measured by electronic pressure sensors in each compliance cham-
ber XMLP500MC11E Schneider Electric, Rueil-Malmaison, France). Left and right cardiac
output were measured using two ultrasonic clamps on liquid flow sensors (DIGIFLOW-
EXT1, Emtec, Finning, Germany). In vitro testing has been conducted with 40% glycerol
solution in tap water, as well as with 100% tap water.

Actuation method: The septum is pneumatically actuated in a pulsatile manner us-
ing a digital pressure controller (VPPE-3-1-1/8-2-010-E1, Festo, Esslingen am Neckar, Ger-
many). Inflation of the septum induces systole, while deflation creates diastole, with the
heart rate determined by the timing of these phases. To drive the septum, two digital
solenoid valves (MHE2-MS1H-5/2-QS-4-K, Festo, Esslingen am Neckar, Germany) alter-
nately connect it to a pressure tank with regulated pressurized air or a vacuum tank main-
tained at -10 kPa by a vacuum pump (VN-14-L-T4-PQ2-VQ3-RO2, Festo, Esslingen am
Neckar, Germany). When connected to the pressurized air source, the septum inflates,
and when linked to the vacuum tank, it deflates. By controlling the solenoid valves, both
the beating frequency and the timing of systolic and diastolic phases can be adjusted, al-




82 5. A soft robotic total artificial Hybrid Heart

Table 5.1 | Parameter values, set in MCL for characterization of Hybrid Hearts preload and afterload sensitiv-
ity.

Parameter Unit Value

MAP mmHg 60, 80, 100, 120

PAP mmHg 15, 20, 25, 30

AP mmHg 4,6, 8,10, 12, 14, 16, 18, 20
Heart rate BPM 50, 60, 70, 80
Systole/diastole timing  _ ~1/2

lowing for the evaluation of the Hybrid Hearts performance under different conditions.

We calculated the average cardiac output by multiplying average stroke volume to beat-
ing rate. To determine the stroke volume, we measured the area below the flow curves,
obtained from flow sensors that are placed after outlet valves right before the afterload
chambers. To obtain the stroke volume, we conducted three separate experiments un-
der identical conditions using the same prototype. From each experiment, we analyzed
five random cycles selected from the regions where the device operated steadily. There-
fore, the reported values for cardiac output are based on 15 cycles taken out from three
separate experiments on same prototype. To study the deformation of the ventricles dur-
ing contraction in in vitro tests, we inserted a laparoscope (HOPKINS II 26003 BA, KARL
STORZ, Tuttlingen, Germany) into the Hybrid Heart ventricles.

5.4.5. In vitro characterization of the Hybrid Heart’s preload
and afterload sensitivity

Table 5.11 specifies the parameter variations used for in vitro characterization of the Hy-
brid Hearts preload and afterload sensitivity, over which we have control using our mock
circulation loop. These experiments were conducted in the same MCL as mentioned
above. Also, same actuation method was used as explained above using an alternative
vacuum pump (AMEB71FY4R3N1Q4, AEG, Berlin, Germany). Mean aortic pressure (MAP)
and pulmonary artery pressure (PAP) was used respectively to control systemic and pul-
monary resistances. Different levels of afterload in the systemic and pulmonary circula-
tion were achieved by manually adjusting the systemic and pulmonary resistance valves
to maintain the reference MAP and mean PAB, as specified in Table 5.1. The left and right
atrial pressures (AP) were held constant at 10 mm Hg for afterload sensitivity experiments.
For preload sensitivity experiments, we kept the afterload constant to a mean AoP of 100
mmHg and a mean PAP of 25 mmHg. The preload was then changed by adding water to
the preload chambers in steps of 2 mmHg, starting from 4 mmHg up to 20 mmHg.

For demonstrating the Hybrid Heart capability of balancing the cardiac outputs to
compensate left and right preload difference, the imbalance between left and right preloads
were created by using a roller pump (505S, WATSON MARLOW, Rotterdam, The Nether-
lands) on a shunt between the two preload chambers. The pump can displace water in
both directions, causing pressure to rise in one chamber while simultaneously decreasing
in the other. Therefore, in each experiment, consisting of a total of 200 cycles, the Hybrid
Heart runs for a few initial cycles before activating the pump to displace water. The dis-
placement occurs either from left to right preload (Figure 5.3.e) or from right to left preload
(Figure 5.3.f). The initial mean AoP and PAP are set at 100 and 25 mmHg, respectively, and
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the preload is set at 10 mmHg on both sides. Once the pump is activated, it operates un-
til the preload reaches approximately 16 mmHg in the increasing-preload chamber and 4
mmHg in the decreasing-preload chamber. At this point, the pump is turned off, and the
system continues running until the experiment concludes. All data is recorded throughout
the whole process and then analyzed cycle by cycle in MATLAB (R2024b, MathWorks).

5.4.6. In vivo experiment

For in vivo testing the acute goat model was used. The goat is a frequently used animal
model for TAH testing [196, 236, 289]. The body weight and hemodynamics of large adult
goats are comparable to those of humans [138, 290, 291]. In addition, the hemodynam-
ics of a large adult goat does not change over time, as the adult goat does not grow. This
is a clear advance over the use of calves as animal model for long term trials, where the
growth of calves leads to increasing cardiac demands during the follow-up period. First,
we tested the device prototype in MCL to confirm its performance. Thereafter, four me-
chanical heart valves were sutured in a continuous fashion to the TPU-coated nylon inner
layer and polyester outer layer (5-0 Prolene C1, Ethicon, Somerville, US). We used 19mm
mechanical outflow valves and 25mm mechanical inflow valves (Sorin Bicarbon, Sorin
Group, Milan, Italy). Woven vascular prostheses (22mm diameter; Gelweave, Vascutek,
Inchin- nan, United Kingdom) were sutured to the outflow valves for easy implantation to
the native aorta and pulmonary artery. Atrial cuffs were fabricated using two Hemagard
strips per cuff (Hemagard Carotid Patch 25x150mm; Getinge, Gotenburg, Sweden) and su-
tured to the mechanical inflow valves (Figure B.14). Approval for the animal studies was
obtained by the Amsterdam University Medical Centers Animal Care Ethics Committee
(AVD1180020209766) and was in agreement with the current Dutch law on animal exper-
iments (WOD). In total 2 female Dutch white goats underwent acute implantation with
our Hybrid Heart prototype, of which the second experiment is reported here. The first
experiment was a try-out to practice the surgical procedure. For the reported acute exper-
iment, we used a 2,5-year-old female white goat of 65kg. We used propofol to induce anes-
thesia (24 mg/kg IV; propofol 20 mg/ml, Fresenius Kabi, Bad Homburg, Germany) and
to maintain anesthesia (20 mg/kg/h IV) during surgery. We used sufentanil (5 mcg/kg/h
IV, Sufentanil-Hameln 50 mcg/mL, Hameln, Gloucester, UK) as pain relief during surgery.
We added a single dose of amiodarone hydrochlorine (300 mg IV, cordarone 50 mg/mL,
Sanofi, Paris, France) in the saline infusion bag before starting cardiopulmonary bypass
(CPB). The animal was placed in the dorsal position. A 25 Fr venous cannula (Maquet,
Rastatt, Germany) was inserted in the left jugular vein following the Seldinger technique.
A midline sternotomy was performed and the pericardium was opened. We placed a 20
Fr arterial cannula (Edwards Lifescienes, Irvine, US) in the ascending aorta and a 24 Fr
venous cannula (Maquet, Rastatt, Germany) in the inferior caval vein. We placed the goat
on CPB after heparinization (15000-20000IU IV, Heparine 5000IU/mL, LEO, Ballerup, Den-
mark). We used CPB flow rates between 4-4.5 L/min. An activated clotting time > 400
seconds was maintained during CPB and arterial blood gas analyses were performed. The
animal was cooled down to 30iC. The ascending aorta was clamped just proximal to the
junction of the brachiocephalic trunk. We administered 455 mL of St Thomas Hospital Car-
dioplegic Solution number 1 to arrest the heart. We excised the native ventricles, leaving
a rim of approximately 2cm of the ventricular wall from the mitral and tricuspid annulus
in situ. The leaflets of the mitral valve and the tricuspid valve were excised. The native
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atria were kept intact. The TAH was first sutured to the atrioventricular junctions and then
to the pulmonary artery and aorta, using continuous sutures (5-0 Prolene RB, Ethicon,
Somerville, US) and carefully de-aired. The animal was rewarmed and the aorta clamp
was removed. The TAH was actuated. During actuation of the TAH, the weaning from
extracorporeal circulation was initiated until the extracorporeal circulation was stopped.
Phenylephrine was administered intravenously as vasoconstrictive medication at an infu-
sion rate of 1500-2500tg/hour. The cardiac output of the TAH was measured by two ultra-
sonic flow sensors (MC24PAU and MC28PAU COnfidence Flowprobes, Transonic, Ithaca,
New York, US) clamped on the vascular grafts to the aorta and pulmonary artery. We mea-
sured pressure in the aorta, pulmonary artery, left and right atrium, and inside the left and
right ventricles. We left the chest of the goat open during the full length of the experiment.
At the end of the experiment the animal was exsanguinated under full anaesthesia, after
which the implanted TAH was explanted.

5.4.7. Control system

To determine the performance of Hybrid Heart when actuated by the soft robotic fluidic
circuit and TET system (Figure B.16, we connected a high-performance membrane pump
(NMP850.1.2KPDC-B4 HP, KNF Verder B.V,, Utrecht, the Netherlands), a 400 mL air con-
tainer (CRVZS-0.4, Festo, Esslingen am Neckar, Germany), and a hysteretic valve (24) in
a 3D printed holder, in a closed circulation with the septum, using PU tubing (PUN-H-
6X1-BL, Festo, Esslingen am Neckar, Germany), silicone tubing (SFM3-4050, Trelleborg
Healthcare and Medical, Trelleborg, Sweden) and Nordson connectors (MLRL035-1, FS-
LLR, FTLL035-1, Nordson Medical, Westlake, Ohio, USA) (Figure B.17). An external power
supply was used to provide electrical power to the external electronics of the TET sys-
tem. The external and internal coils were positioned with respect to each other using a
3D printed holder and were separated by an air gap (6 mm air gap). The internal con-
troller of the TET system conditioned the received electrical power and provided 17.5V to
the pump (NMP850.1.2KPDC-B4 HP, KNF Verder B.V,, Utrecht, the Netherlands). A con-
trol voltage (Vctrl = 0 to 5V) was supplied to the pump via a custom, manually adjustable
power supply to set the target pump speed. The internal voltage, as well as the internal
and external power were monitored with a sample rate of 1.2 Hz.

5.4.8. Biocompatible innerlining

In vitro tests

Polycaprolactone bisurea (PCL-BU), whose synthesis has been described previously [292],
was dissolved with or without 5,10 or 20 mol% BU-HBPin 1,1,1,3,3,3-hexafluoro-2-propanol
ataconcentration of 20 mg/mL. Heparin functionalization of the materials was performed
in 96-wells plates by incubating the materials with 100 {L of sterile heparin solution (100
mg/mL) for two hours and afterwards washing the samples twice in PBS prior to the ex-
periments.

X-ray photoelectron spectroscopy (XPS) spectra were recorded to determine the atom
composition of the supramolecular coatings on TPU-coated nylon with a Thermo Scien-
tific K-Alpha spectrometer equipped with a 180f double-focusing hemispherical analyser
with a 128- channel detector.

For the Heparin FITC assay, 100 L of Heparin-FITC (100 mg/mL) was added. The
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samples were incubated for two hours at 37 °C. Afterwards the solutions were removed
from the samples and transferred to a new 96-wells plate. The fluorescence of this plate
was measured with a fluorescence spectrometer using 495 nm excitation and 520 nm ab-
sorbance wavelength.

In vitro cell culture

Cytotoxicity assay was conducted using human umbilical vein endothelial cells (HUVECs,
Lonza). HU- VECs were cultured in endothelial cell growth medium 2 (ECGM-2, Pro-
moCell) supplemented with 2% (v/v) fetal calf serum (FCS, PromoCell), growth factors
(ECGM- 2, bullet kit, PromoCell) and 1% (v/v) penicillin and streptomycin (P/S) (Gibco)
in a humidified incubator at 37 °C and 5% CO2. HUVECs were used at passage 3, and
medium was changed every 2-3 days, when cells were 90% confluent, they were detached
using accutase (STEMCELL Technologies). Cells were seeded in 96 well plate at seeding
density of 3x104 cells/cm2 and incubated in culture medium from different tested mate-
rial as referred to later.

The cytoxicity of coated and uncoated TPU-coated nylon was determined using the
CyQUANT LDH Cytotoxicity Assay (Invitrogen, Thermo Fisher Scientific, Waltham, US) fol-
lowing the manufacturer protocol. The samples were placed in 96-wells plates and fixed
in place with an O-ring on top. The samples were incubated in endothelial cell growth
medium 2 (ECGM-2, PromoCell) supplemented with 2% (v/v) fetal calf serum (FCS, Pro-
moCell), growth factors (ECGM-2, bullet kit, PromoCell) and 1% (v/v) penicillin and strep-
tomycin (P/S) (Gibco) for 24 h at 37 °C. The next day this medium was removed and added
to the HUVECs for 24 hours. The negative control of this experiment were HUVECs cul-
tured according to a standard protocol. For the positive control groups (maximum death
of cells), lysis buffer 1:10 was added to HUVECs for 45 minutes. The following day 50 pL
from all experimental groups was transferred to a new 96-wells plate and 50 pL of the re-
action mixture from the CyQUANT LDH Cytotoxicity Assay was added. These solutions
were incubated for 30 minutes and terminated by adding stop solution. Absorbance of the
solutions was measured at 490 and 680 nm. The absorbance reading at 490 was subtracted
from the reading at 680 to eliminate the background signal. The cytotoxicity percentage
was calculated following the formula:

(Compound—treatedLDHactivity—SpontaneousLDHactivity) ] x 100

%CytOIOXlCl ty =1 (MaximumLDHactivity—SpontaneousLDHactivity)

Platelet adhesion assay

Human peripheral blood buffy coats were obtained from healthy donors with informed
consent (Sanquin, Nijmegen, The Netherlands). These buffy coats were centrifuged for 20
minutes at 200 g. The top layer, consisting of platelets rich plasma (PRP), was collected for
the platelet adhesion assay. All the material conditions were functionalized with heparin
by incubating them with 100 pL of sterile heparin solution (100 mg/mL) for two hours at
37 °C. Afterwards the samples were washed twice with PBS. 100 pL of PRP was added to
the samples and they were incubated under gentle shaking condition (50 RPM) for 1 hina
humidified incubator at 37 °C and 5% CO2. The solutions were removed from the samples,
and they were washed three times with PBS. Next, the samples were fixated in 4% (v/v)
formaldehyde for 15 minutes and washed with PBS.
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Scanning electron microscopy (SEM) was used to provide an overview for platelet ad-
hesion and morphology.

in vivo study in rats

Fabrication of the grafts

Rectangular pieces measuring 18x10 mm were manually cut for all three materials (1
uncoated TPU-coated nylon, 2 TPU-coated nylon + PCL-BU, and 3 TPU-coated nylon +
PCLBU + BU-HBP). These rectangular pieces were folded and sutured together with in-
terrupted sutures (8-0 ethilon, Ethicon, Raritan, New Jersey), resulting in a 10mm long
graft with 2mm internal diameter (Figure 5.9.a, 5.9.b). To prevent transanastomotic cell
ingrowth into the graft [293]) and to facilitate the suturing to the native aorta, we added
Goretex (Preclude 1IPCM102, Gore Medical, Newark, Delaware) strips on both sides of the
grafts. The grafts were sterilized with ethylene oxide (Synergy Health, Venlo, The Nether-
lands) after fabrication.

In vivo study

Every experiment involving animals, human participants, or clinical samples have been
carried out following a protocol approved by an ethical commission. Approval for the
animal studies was obtained by the Amsterdam University Medical Centers Animal Care
Ethics Committee (AVD1180020209766) and is consistent with the current Dutch law on
animal experimentation (WOD). In total, 22 male Sprague-Dawley rats were used with a
mean weight of 386 (£13) grams and a mean age of 105 (+4) days. Rats were randomly al-
located into four groups of N=5 animals, while 2 rats were kept for potential replacements
in case of deaths during surgery. The follow-up time was 24 h. No anticoagulant was given
during the follow up period.

For experimental groups 1-3, grafts were implanted as fabricated, without further func-
tionalization or treatments (1. uncoated TPU-coated nylon, 2. TPU-coated nylon + PCL-
BU, and 3. TPU-coated nylon + PCL-BU + BU-HBP). For experimental group 4, sterile TPU-
coated nylon + PCL-BU + BU-HBP grafts were submerged in heparin solution (100pg/ml,
Heparin Sodium H4784-1G, Merck Group, Darmstadt, Germany), during 2 hours prior to
implantation under sterile conditions. After 2h, the grafts were flushed with sterile saline
and implanted immediately thereafter.

Animals were anesthetized using isoflurane gas (2.5 %/L). Buprenorphine (0.05 mg/kg
SC; Temgesic 0.3 mg/ml, Chesterfield, Virginia) was administered as general analgesic and
amix of lidocaine (1 mg/kg SC; Lidocaine 20 mg/ml, Fresenius Kabi, Bad Homburg vor der
Hohe, Germany) and levobupivacaine (1.5 mg/kg SC; Levobupivacaine 2.5 mg/ml, Fre-
senius Kabi) was given as local analgesic at the incision site. Midline laparotomy was
performed, and the abdominal viscera were lateralized for exposure of the abdominal
aorta and the inferior caval vene. All side branches of the segment of the abdominal
aorta between the renal arteries and the aortic bifurcation were ligated (8-0 silk suture,
Ethicon, Raritan, New Jersey). Next, the abdominal aorta was occluded with microvas-
cular clamps. The aorta was transected, and 1.5 cm of the native abdominal aorta was
removed. The proximal and distal lumen of the aorta were flushed with heparin (10 IU,
heparin 5000 IU/mL, LEO, Ballerup, Denmark) to remove any clots. The graft compos-
ite was sutured with end-to-end anastomosis at both the proximal and distal ends of the
Gore-Tex sheets, using interrupted sutures (10-0 ethilon, Ethicon, Raritan, New Jersey). Af-
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terwards, vascular clamps were removed, and the blood flow through the abdominal aorta
was restored. The abdominal muscular layer was closed with running sutures (4-0 vicryl,
Ethicon, Raritan, New Jersey) and the skin was closed with intracutaneous running sutures
(4-0 monocryl, Ethicon, Raritan, New Jersey).

Assessments

When the rat had pale and cold hind legs that were not moving or dragging when walk-
ing after more than 1 hour after surgery, a human end point was reached and the rat was
euthanized.

To evaluate vessel patency, animals underwent in vivo MR imaging (MRI) at 24 h after
implantation on a preclinical 7.0T MRI scanner (MR Solutions, Guilford, UK) under full
anesthesia (3% isoflurane in medical air). Due to unforeseen technical issues with the
MRI scanner during the course of our studies, we could not make all planned MRI scans.
We could only make MRI scans for n=6 animals on POD1 (grafts 1.1, 1.2, 3.1, 3.4, 4.1 and
4.5). Furthermore, we obtained MRI scans for n=3 animals on the same day of the surgery
in animals that had to be killed early due to immobile hind legs after surgery (grafts 1.5,
2.3 and 3.5). For the remaining N=11 rats, no MRI scan was taken.

After MRI scanning, the rats were transferred to the surgery table and the abdomen was
opened under full anesthesia. The grafts were explanted, and the animal was sacrificed by
exsanguination under full anesthesia. The grafts were cut in half and were fixated in 3.7%
formalin for 24 h and washed in phosphate buffered saline (PBS).

Sections were stained for hematoxylin and eosin (H&E; HT1079 and HT110116, Sigma-
Aldrich, Saint Louis, US).
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The development of total artificial hearts (TAHs) has been a long-standing ambition
in the field of cardiovascular medicine, dating back to the first implantation of a mechani-
cal heart in 1969. Over the decades, multiple generations of TAHs have emerged, ranging
from the pneumatically driven SynCardia to more recent electromechanical and hydrauli-
cally actuated systems such as Carmat, BiVACOR, and RealHeart. These devices were de-
signed to serve as life-saving options for patients with end-stage biventricular heart failure,
particularly as a bridge to transplantation. However, despite substantial engineering ad-
vances and more than 1,700 successful implants globally, no TAH has yet been approved
or widely adopted as a viable destination therapy. This gap is due in large part to persis-
tent challenges including high complication rates (notably thromboembolic events and
driveline infections), device bulk, limited durability, and poor quality of life for recipients.
These limitations underscore a fundamental disconnect between rigid mechanical solu-
tions and the complex, adaptive behavior of the human heart.

In recent years, the emergence of soft robotics has introduced a paradigm shift in
biomedical engineering, offering the potential to address these limitations by mimicking
the heart’s natural biomechanics in a safer and more adaptable way. Soft robotic actua-
tors that are built from compliant materials capable of large, reversible deformations are
uniquely positioned to replicate cardiac motion while minimizing trauma to surrounding
tissues and blood components. Nevertheless, the translation of soft robotic principles into
functional, clinically viable TAHs remains in its infancy. Few studies have moved beyond
bench testing or partial prototypes, and no existing system fully integrates the mechani-
cal, and biological requirements for a long-term implantable heart. As such, there remains
a critical unmet need for artificial heart systems that can deliver physiologically relevant
performance, adapt to changing circulatory conditions, minimize device-related compli-
cations, and support long-term use without reliance on rigid structures or complex control
systems.

This thesis investigated the potential of soft robotics to overcome long-standing chal-
lenges in TAH development, centered on the guiding question: "Can soft robots donate
their heart to humans?" By integrating literature review, analytical modeling, device proto-
typing, and early-stage testing, the work presented here advances the field of mechanical
circulatory support by introducing new frameworks, technologies, and insights into the
development of soft robotic TAHs. This chapter provides a comprehensive synthesis of
the research findings, discusses their scientific and translational significance, identifies
limitations, and outlines future directions. To support a clear and structured analysis, the
discussion is organized into five sections: (1) integration of key findings, (2) scientific and
technological contributions, (3) limitations and challenges, (4) future research opportuni-
ties, and (5) broader implications for the field of heart replacement therapies.

6.1. Overview Of Key Findings

The research presented in this thesis followed a progressive logic, beginning with a critical
analysis of the historical and current state of TAH development and concluding with the
conceptualization and in vivo testing of a novel soft robotic platform. Each chapter con-
tributes a foundational layer to the overarching goal of designing a TAH that is efficient,
adaptive, and biocompatible.

Chapter 2 laid the groundwork through a systematic review of more than six decades of
TAH research, it becomes clear that while over 2100 patients have benefited from TAHs as
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a bridge to transplantation, no device has yet met the clinical and technical requirements
for destination therapy. The review identified five persistent challenges that continue to
hinder progress in this field: high complication rates (particularly thromboembolic events
and driveline infections), excessive device size, limited long-term durability, poor biocom-
patibility, and a reduced quality of life for recipients. An in-depth analysis of leading com-
mercial and investigational TAHs including SynCardia, Carmat, BiVACOR, and RealHeart,
revealed that despite employing a range of actuation principles and design philosophies,
each system remains limited by one or more of these critical issues. This chapter under-
scores the ongoing need for a next-generation TAH that more closely mimics the native
hearts structure and function, with the goal of minimizing complications and ultimately
offering a reliable, long-term treatment option for patients with end-stage heart failure.
Notably, the chapter identified soft robotics, tissue engineering, and wireless energy trans-
fer as promising but underdeveloped areas of innovation that could transform the field.

Chapter 3 addressed the actuator-level modeling challenge, focusing on elastic pouch
motors—a class of soft pneumatic actuators previously modeled under the assumption of
inextensibility [230]. A new analytical model was proposed that accounts for the stretcha-
bility of the materials, revealing how ballooning instabilities at higher pressures limit both
contraction and force output. The study experimentally validated the model using three
materials: SEBS, TPU, and TPU-coated nylon. Key observations included (i) a balloon-
ing transition that correlates with a decline in force after peak contraction, (ii) qualitative
agreement between model predictions and experimental trends, and (iii) stretch-induced
limitations even in stiffer materials previously assumed inextensible. This modeling work
highlighted the importance of material selection and predictive modeling in soft robotic
design, offering practical tools for optimizing actuator performance for cardiac workloads.

Chapter 4 moved toward device-level innovation with the development of the LIMO
(Less In, More Out) heart—a compact soft robotic ventricle that leverages a fluidic trans-
mission system. The LIMO design utilized multiple circumferential pouch motors that
convert high-pressure, low-volume input into low-pressure, high-volume output. Exper-
imental testing demonstrated cardiac outputs of up to 7.6 L/min against physiological
afterloads and energy transfer efficiencies between 82% and 91%. However, limitations
remained, including single-ventricle testing, pneumatic actuation, and lack of biocom-
patibility considerations. The LIMO heart demonstrated that soft fluidic actuators could
meet the functional and energetic demands of a compact TAH, but further development
was needed for full-body integration.

Chapter 5 introduced the Hybrid Heart—a soft robotic total artificial heart that in-
tegrates supramolecular polymeric coatings to enhance biocompatibility and enable fu-
ture tissue engineering. The design used a pneumatically driven septum between two
ventricles and incorporated adjustable wire constraints to tune left and right cardiac out-
puts. In vitro testing showed balanced biventricular output and a cardiac output of 5.7
L/min. Preload sensitivity was evident and comparable to native heart by replicating frank-
starling behavior. In vivo studies in an acute goat implantation demonstrated successful
actuation and cardiac support, though not yet at physiological rates or under chronic con-
ditions. Supramolecular coatings showed promise for promoting endothelialization and
reducing thrombogenicity, particularly through dual-functionalization with VEGF and an-
tithrombotic agents. The Hybrid Heart brought together mechanical performance, phys-
iological adaptability, and biological interface design, offering a vision for a fully soft and
biointegrated TAH system.
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6.2. Scientific and Technological Contributions

This thesis makes several significant contributions to the field of artificial heart develop-
ment, particularly in the context of soft robotics, by advancing fundamental understand-
ing of soft actuator mechanics, proposing energy-efficient and compact system architec-
tures, integrating biofunctional materials to enhance biocompatibility, and demonstrating
proof-of-concept prototypes through both bench testing and preliminary in vivo valida-
tion.

6.2.1. The Role of Material Selection in Soft Actuator Perfor-
mance

Material selection plays a pivotal role in the design and performance of soft actuators, es-
pecially in applications such as TAHs where precise mechanical behavior, durability, and
energy efficiency are critical. Traditionally, soft robotic actuators have relied on highly elas-
tic materials such as silicone elastomers, thermoplastic polyurethanes (TPUs), or rubber-
based composites to achieve large deformations under relatively low driving pressures.
This intrinsic elasticity enables the actuators to mimic the natural expansion and contrac-
tion of cardiac muscle, providing gentle interactions with surrounding tissues. However,
while this stretchability supports bioinspired motion, it also introduces important chal-
lenges. Excessive extensibility can lead to uncontrolled deformations (e.g., ballooning),
reduced force output, and mechanical inefficiencies, particularly at higher actuation pres-
sures. These issues are especially problematic in cardiovascular applications, where the
actuator must perform under high cyclic loads and resist fatigue over millions of cycles.
Thus, the design of soft artificial hearts calls for a reassessment of conventional material
paradigms, moving beyond the sole use of stretchable elastomers.

To address these limitations, recent research has explored the use of deformable yet
inextensible materials in soft actuation systems. These materials allow shape change
through controlled folding, bending, or pressurization, without undergoing significant
stretch. Such an approach not only limits ballooning and geometric instabilities but also
enhances mechanical efficiency by losing less energy due to material elasticity. Analyti-
cal modeling performed in the context of pouch motors—key component in the design
of the LIMO ventricle—has confirmed that material extensibility plays a crucial role in
performance. Models incorporating stretchable material properties predict a decline in
force output once ballooning occurs, a phenomenon that was validated experimentally. In
contrast, actuators constructed from inextensible or low-stretch materials maintain their
structural integrity across a broader range of pressures, resulting in greater contraction
forces and more efficient fluid displacement. These insights underscore the necessity of
carefully tuning material stiffness, elasticity, and thickness to optimize actuator output
while avoiding failure modes like ballooning. Moving forward, the development of hybrid
materials and composite layers that combine flexibility with inextensibility will be essen-
tial for advancing soft robotic artificial hearts toward clinical viability.
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6.2.2. Compact and Energy-Efficient Design: A Prerequisite for
Full Implantability

Achieving full implantability of a TAH hinges critically on two interdependent parame-
ters: minimizing total device size and maximizing energy efficiency. Unlike bridge-to-
transplant devices that may rely on external power supplies and tethered control units,
a total artificial heart that can be ultimately used as destination therapy must be entirely
implantable to support patient autonomy, reduce infection risks, and restore quality of life.
This demands not only a compact pumping unit but also the minimization and integration
of auxiliary components such as actuation systems, control electronics, fluid reservoirs,
and energy transfer units within the anatomical confines of the thoracic cavity. Traditional
rigid systems often struggle to meet these volumetric constraints, limiting their applicabil-
ity to larger patients. In contrast, soft robotic systems offer improved conformability to
the body, yet still require precise spatial and functional optimization to accommodate the
full system within the body:.

Energy efficiency plays a pivotal role in enabling such compact integration. A more ef-
ficient actuator reduces the required input energy for each heartbeat, allowing for smaller
and lighter components such as pumps, batteries, and transcutaneous energy transfer
(TET) coils. For instance, the LIMO heart presented in this thesis demonstrated energy
transfer efficiencies exceeding 80%, meaning that less than 1.22 W of fluidic power input
is needed to produce 1 W of blood flow output—a substantial reduction compared to ear-
lier designs [52, 54, 55]. This level of efficiency directly impacts system miniaturization, as
itlowers the size and weight demands of power storage and conversion systems while min-
imizing heat generation within the body. Furthermore, energy-efficient actuation reduces
the strain on battery life and improves the feasibility of operating continuously within the
power budget of TET systems (typically ~20-25 W). Therefore, compactness and efficiency
are not merely parallel goals but deeply interconnected design imperatives. Optimizing
both simultaneously is essential to develop a fully implantable soft robotic TAH capable
of long-term, autonomous operation in a wide range of patients.

6.2.3. Soft Actuation as a Pathway to Biomimetic Cardiac Func-
tion

One of the most transformative advantages of soft robotic systems lies in their capacity
to replicate native biological function through inherent material and structural properties
rather than through rigid mechanical components or complex electronics. In the context
of total artificial hearts, soft actuation enables the design of systems that more naturally
emulate the dynamic, adaptive, and compliant nature of the human heart. Unlike tradi-
tional mechanical pumps that operate with fixed stroke volumes and require active sensor
feedback to adjust flow rates, soft robotic systems offer the possibility of embedding phys-
iological responsiveness directly into the mechanics of the device. This shift from control
by computation to control by compliance represents a fundamental reimagining of how
artificial hearts can achieve truly biomimetic performance.

The potential of soft actuation to replicate native cardiac behavior was clearly demon-
strated in Chapter 5 with the development of the Hybrid Heart. This system incorporated a
pneumatically driven septum and deformable ventricular walls that were capable of mim-
icking the Frank-Starling mechanism—a fundamental physiological principle by which
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the heart adjusts its stroke volume in response to changes in preload (ventricular filling).
In the Hybrid Heart, this adaptive response emerged not from active feedback control but
from the intrinsic deformability and geometry of the device. The ventricle expanded pas-
sively with increased venous return and subsequently generated higher output, without re-
quiring real-time sensing or algorithmic intervention. This preload sensitivity closely par-
allels the behavior of the native myocardium and demonstrates that, with proper material
selection and structural tuning, soft robotic hearts can adapt to hemodynamic changes in
a purely mechanical manner.

The implications of this passive biomimicry are profound. By embedding adaptabil-
ity into the mechanical architecture of the artificial heart, it becomes possible to reduce
or even eliminate the need for complex sensor arrays, signal processing units, and real-
time control algorithms traditionally required to balance left and right ventricular output.
This is especially critical in biventricular support systems, where small mismatches in out-
put can lead to dangerous complications such as pulmonary congestion or systemic hy-
potension. The Hybrid Hearts ability to achieve balanced biventricular function through
adjustable wire constraints and soft material properties suggests a viable pathway toward
a sensorless, self-regulating TAH. Such a design paradigm offers enhanced robustness, re-
duced system complexity, and improved implantability, all while more closely mirroring
the natural dynamics of the human heart.

Looking ahead, further optimizations in soft actuator geometry, material composition,
and compartmental coupling may enhance the precision and range of this passive adapt-
ability. Strategies such as tunable stiffness zones, compliant origami-inspired folds, and
pre-strained materials could allow fine-tuning of ventricular responses to changing circu-
latory demands. Additionally, intelligent mechanical design could enable selective modu-
lation of right versus left ventricular compliance, offering tailored support in pathologies
like pulmonary hypertension or unbalanced cardiac failure. These advances would further
reduce the dependency on electronic sensing and control systems, streamlining the artifi-
cial heart into a more elegant, robust, and body-friendly device. In this light, soft robotics
does not simply offer a new actuation mechanism but a fundamentally different path to
replicating cardiac function.

6.2.4. Biocompatibility and Endothelialization: Toward Blood-
Friendly Artificial Hearts

One of the most critical challenges in TAH development has been the interface between
synthetic materials and circulating blood. Despite significant advances in pump mechan-
ics and device miniaturization, most current TAH systems—including SynCardia, BiVA-
COR, and RealHeart—continue to rely on non-hemocompatible materials or rigid surfaces
that make direct contact with blood. These foreign materials trigger a cascade of adverse
biological responses, including platelet activation, thrombus formation, hemolysis, and
inflammatory reactions. To mitigate these effects, patients are often required to undergo
lifelong anticoagulation therapy, which itself introduces serious risks such as bleeding
complications, poor wound healing, and stroke. Furthermore, the mechanical design of
traditional devices, with abrupt flow transitions and non-physiological shear forces, exac-
erbates blood trauma and contributes to device-related morbidity. As a result, thrombo-
genicity remains a leading cause of TAH-associated complications, limiting the durability
and widespread acceptance of these systems as destination therapy.
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Recognizing these limitations, the need for biologically compatible blood-contacting
surfaces has become increasingly urgent. While some devices, such as Carmat, have taken
a step in this direction by using a layer of bovine pericardium on the blood-contacting
surface of their membrane to improve hemocompatibility, such passive biological inter-
faces remain limited in function. Rather than merely attempting to reduce adverse inter-
actions through pharmacology or static coatings, a more transformative approach lies in
the integration of tissue-engineered linings that actively cooperate with the bodys natural
healing and regulatory mechanisms. In particular, the incorporation of a biocompatible
inner lining that can serve as a substrate for endothelialization—the process by which a
functional monolayer of endothelial cells forms on the surface—is a promising strategy
to replicate the anti-thrombotic and regulatory properties of native blood vessels. Such
a strategy shifts the paradigm from passive blood compatibility to active biological inte-
gration, offering the potential to drastically reduce reliance on systemic anticoagulation
while improving long-term hemocompatibility and healing outcomes.

In this context, the Hybrid Heart developed in Chapter 5 introduces a novel approach
by using supramolecular polymeric coatings as blood-contacting materials. These coat-
ings are designed to be not only hemocompatible but also biofunctional—capable of
being functionalized with bioactive molecules such as vascular endothelial growth fac-
tor (VEGF), heparin, or extracellular matrix-derived peptides. This modular surface en-
ables a mix-and-match strategy to tailor the biological response for specific patient needs
or pathological conditions. In vitro and in vivo studies in this thesis have shown that
these surfaces can support early-stage endothelial cell adhesion and show potential to
guide in situ tissue regeneration, creating the conditions for a functional endothelium to
form directly on the artificial surface. Such endogenous endothelialization transforms the
blood-contacting surface from a source of risk to a biologically active layer with natural
antithrombotic and anti-inflammatory properties.

The implications of this approach extend far beyond thromboresistance. A living, en-
dothelialized inner surface can dynamically regulate coagulation, respond to flow changes,
interact with immune cells, and release vasoprotective factors—much like the native vas-
cular endothelium. This could improve the long-term biocompatibility of TAHs, reduce
device-related complications, and open the door to safer, more personalized artificial
heart systems. Moreover, this strategy aligns with the emerging field of regenerative pros-
thetics, where the goal is not just mechanical replacement but functional biological in-
tegration. By engineering a soft robotic TAH that not only mimics cardiac motion but
also recreates a native-like blood interface, this thesis contributes to a new generation of
cardiovascular devices—devices that are not just tolerated by the body, but are actively
integrated into its physiology.

6.3. Integration of Key Findings Across Chapters

The research presented in this thesis brings together multiple dimensions of TAH devel-
opment, ranging from actuator mechanics to physiological mimicry and biological inte-
gration, and collectively supports a vision for the future of heart replacement technology.
Through analytical modeling, prototyping, and early biological testing, this work demon-
strates the unique potential of soft robotics to overcome long-standing limitations of con-
ventional TAH systems. While current technologies remain constrained by rigid designs,
high complication rates, and limited biocompatibility, the findings here point toward a
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promising new direction grounded in compliant materials, energy-efficient actuation, and
regenerative surface engineering.
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Figure 6.1 | The future of TAHs. A TAH made of soft robotic actuators and biocompatible materials with tissue
engineered inner lining, powered by a transcutaneous energy transfer system.

Together, these findings support a forecasted vision for the next generation of TAHs:
a fully implantable soft robotic artificial heart driven by energy-efficient actuation, pow-
ered by wireless transcutaneous energy transfer, and lined with tissue-engineered, bio-
functional surfaces (Figure 6.1). Such a system would not only replicate cardiac motion,
but also adapt to physiological demands and integrate biologically with the host. It must
be emphasized, however, that this vision is not yet realized. Numerous challenges re-
main; from long-term durability and control optimization to full-scale clinical validation.
Yet, this thesis offers a tangible blueprint and technological foundation for pursuing that
future-one in which soft robotics and regenerative materials converge to create artificial
hearts that are not just machines, but responsive, body-integrated systems capable of
transforming end-stage heart failure treatment.

6.4. Limitations and Challenges

While this thesis presents promising advances toward the development of a soft robotic
TAH, several limitations and challenges remain, underscoring the early-stage nature of
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the proposed technologies and the considerable work required for clinical translation.

1. Long-term durability and material selection

Both Chapter 4 and Chapter 5 rely on rapid prototyping techniques and non medical-
grade materials (e.g., TPU-coated nylon), chosen for their ease of use and affordability in
early design iterations. While suitable for proof-of-concept experiments, these materials
are not optimized for the mechanical fatigue resistance, chemical stability, and long-term
durability required for chronic implantation. Future efforts must focus on identifying and
validating biocompatible, fatigue-resistant materials that can withstand millions of actua-
tion cycles over several years of continuous use without performance degradation.

2. Lack of biocompatibility and hemocompatibility testing

Neither the LIMO heart nor the Hybrid Heart prototypes presented in this thesis were
fabricated from clinically approved or hemocompatible materials. Although the Hybrid
Heart introduces the concept of a tissue-engineered, endothelializable inner lining, ex-
perimental validation of this feature remains limited. Critical studies such as long-term
in vivo hemocompatibility, thrombus formation risk, and immune response are essential
before the concept can be considered viable for clinical translation.

3. Limitations of actuation systems and control

In both studies, pneumatic actuation was used due to its simplicity in experimental
setups. However, compressed air is not a feasible long-term solution for implantable de-
vices due to safety concerns, lack of precise control, and performance limitations caused
by air compressibility—especially at high heart rates. Transitioning to hydraulic actuation
is a necessary next step to enable volume-controlled pumping, greater responsiveness to
physiological changes, and safer chronic use. Additionally, further refinement is needed to
develop compact, implantable control and feedback systems that can maintain adaptive
performance across variable circulatory demands.

4. Incomplete implantability and system integration

Although the core pumping mechanisms were validated in vitro, neither system has
yet achieved full integration into a self-contained, fully implantable unit. The electronics,
energy transfer components, and fluidic systems remain external or loosely coupled. Key
system-level challenges include miniaturizing the actuation hardware, integrating TET
systems, and packaging components within a volume suitable for implantation in the tho-
racic cavity without compromising performance or safety.

5. Limited physiological testing and system-level evaluation

The mock circulatory loops used in this thesis were sufficient for initial functional as-
sessment but lacked the sophistication to replicate a wide range of hemodynamic condi-
tions, particularly in disease states or during rapid changes in preload and afterload. Addi-
tionally, while some in vivo testing was initiated in Chapter 5, the studies remain limited
in scope and duration. Comprehensive long-term animal studies in anatomically relevant
models will be critical to validate device performance under physiological conditions, as-
sess biological integration, and ensure systemic safety.

6. Anatomical fit and soft-tissue interaction

Given the deformable nature of the Hybrid Heart, further studies are needed to under-
stand its mechanical interaction with surrounding organs post-implantation. Optimiza-
tions in anatomical geometry, compliance matching, and physical constraints will be nec-
essary to ensure proper fit, avoid compression of adjacent structures, and maintain con-
sistent positioning during cardiac cycles.
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6.5. Future Directions

Building on the foundational work presented in this thesis, several key pathways emerge
for future research and development. Advancing the concept of a soft robotic total artifi-
cial heart toward clinical application will require a multidisciplinary effort across biome-
chanics, materials science, robotics, physiology, and translational medicine. The following
directions outline priority areas that can significantly accelerate the Hybrid Hearts evolu-
tion into a viable, long-term solution for patients with end-stage heart failure.

1. Toward Fully Implantable, Energy-Efficient Architectures

A critical milestone in artificial heart development is achieving full implantability. This
involves the integration of compact, energy-efficient actuation systems (e.g., hydraulic
drives) with onboard electronics and wireless power transfer technologies. The actuation
method must not only deliver adequate flow and pressure, but also do so with minimal
power consumption, enabling downsizing of both the power unit and internal compo-
nents like batteries and heat management systems. Ongoing efforts must focus on im-
proving overall energy efficiency, including actuator output per watt and minimizing flu-
idic losses in the system. A more efficient design would also allow the use of smaller TET
coils and enable more flexible anatomical placement, further improving implantability
and patient comfort.

2. Dynamic Hemodynamic Control

The heart is a dynamic organ that constantly adapts to the body’s metabolic demands
during various physiological states, such as rest, exercise, or stress. Therefore, future it-
erations should incorporate both passive and active control mechanisms to allow for real-
time adaptation of stroke volume, heart rate, and pressure output without relying solely on
external sensors or complex feedback systems. Strategies such as geometry-based preload
sensitivity (as demonstrated in the Frank-Starling behavior of the Hybrid Heart) could be
paired with selectively tunable compliance or integrated low-power control electronics for
more nuanced modulation of output. This hybrid control model would enhance physio-
logical responsiveness while maintaining simplicity and robustness.

3. Anatomical Design Optimization and Valve Alignment

As the developed device advances toward preclinical and clinical stages, compliance
with anatomical constraints will become increasingly critical. Future designs must be tai-
lored to fit within the confined geometry of the thoracic cavity, considering not only over-
all device size but also the spatial arrangement and orientation of key features such as
inlet/outlet ports and valve mechanisms. Misalignment of valves can lead to abnormal
flow trajectories, turbulence, and stagnation zones, increasing the risk of thrombosis and
hemolysis. Additionally, asymmetrical shapes or poor fit may cause mechanical interfer-
ence with surrounding organs and hinder surgical placement.

4. Advanced Computational Modeling and Geometric Optimization

The design of soft robotic hearts presents complex challenges in fluidstructure inter-
action and nonlinear material behavior. The use of finite element modeling (FEM) and
computational fluid dynamics (CFD) should be expanded to simulate wall deformation,
stress distribution, flow path streamlining, and energy transfer under varied physiologi-
cal loading conditions. Specifically, optimization of pouch geometry, actuation sequence,
and chamber compliance will be vital to achieving stable, thrombosis-resistant flow pat-
terns with minimal energy loss. Coupling these simulations with experimental validation
will help refine both mechanical efficiency and biocompatibility.
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5. Transition to Medical-Grade and durable Materials

While the prototypes developed in this work used accessible and rapidly manufac-
turable materials (e.g., TPU-coated nylon), long-term implantable systems will require
biocompatible, medical-grade materials with proven fatigue resistance, hemocompatibil-
ity, and sterilizability. Future studies must explore materials such as medical-grade sili-
cones, polyurethanes, or composite laminates, as well as fabrication techniques compat-
ible with regulatory standards for implantable devices. Additionally, scalable and repeat-
able manufacturing processes—such as laser welding, overmolding, or 3D printing with
biocompatible materialsshould be investigated to facilitate preclinical testing and even-
tual clinical translation.

6. Engineering of Inner Lining for Long-Term Biocompatibility

The inner blood-contacting surfaces must be optimized not only for thrombogenic
resistance but also for long-term biological integration. The next phase of development
should focus on refining and testing tissue-engineered linings that promote endothelial-
izationthe formation of a native-like endothelial cell layer. This can be achieved through
the use of supramolecular polymer coatings, bioactive surface functionalization, and ma-
terials that support autologous cell adhesion and growth. Achieving a stable, living en-
dothelium on the device surface could substantially reduce the need for lifelong anticoag-
ulation and mitigate thromboembolic risks, offering a true leap in hemocompatibility.

7. Chronic Large Animal Studies and Long-Term Validation

To transition from proof-of-concept to clinical relevance, it is essential to develop and
test a fully integrated and implantable prototype in chronic large animal models. These
studies should assess device performance under clinically realistic hemodynamic condi-
tions over extended periods, monitoring parameters such as biocompatibility, flow dy-
namics, tissue response, and structural durability. Furthermore, actuation should shift
from pneumatic to hydraulic or volume-controlled systems to reflect the conditions of a
practical implant. These long-term studies are a prerequisite for regulatory approval and
form the foundation for eventual first-in-human trials.
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Figure A.1 | 2D pattern of pouches of LIMO ventricles. a) 2D heat-sealing pattern of pouches of the artificial
ventricles with different number of channels, ranging from 5 to 15. b) 2D heat-sealing pattern of the second
sealing step to create a single-opening ventricle. c) 2D heat-sealing pattern of dual-opening ventricle.
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Figure A.2 | 2D pattern of pouch arrays. These patterns are used for heat-sealing and creating pouch motor

samples.
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Relaxed | Actuated | Relaxed | Actuated | Relaxed | Actuated
N5 N7 N9

N11 N13 N15

Figure A.3 | Relaxed and actuated states of prototypes with different number of pouches. Demonstrating the
difference in intraventricular deformation resulting in various fluidic transmission ratios i and ejection fractions
EE Intraventricular deformations are shown at maximum actuator pressure of P5 = 40 kPa against identical inter-
nal pressure of Pc = 10 kPa; light blue: inner surface area at relaxed state, light red: inner surface area at actuated
state.
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Figure A.4 | Volume change measurement. Mass flow sensor circuit configuration at inflation and deflation

phase.

A.1. Invitro quasi-static characterization against phys-

iological afterloads

Figure A.5 shows the test results of the artificial ventricles with 9 pouches and 11 pouches,
respectively. The input work is calculated by equation (4), which corresponds to the area
under the pressure-volume curves of the pouch actuator (Figure A.5.a, A.5.d). The out-
put work is calculated by equation (5), which corresponds to the area under the pressure-
volume curves of the ventricle (Figure A.5.b, A.5.e). The mechanical efficiencies of N9 and
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Figure A.5 | Volume change measurement. Mass flow sensor circuit configuration at inflation and deflation

phase.
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Table A.1 | Dynamic test condition. Set and actual beat rate per minute (BPM), and the maximum pressure
reached against each condition.

Beating rate (BPM) Maximum pouch actuator pressure (kPa)

~Set ~Actual Pulmonary (set to 50 kPa)  Aortic (set to 70 kPa)
50 46 50.2 71.7
60 55 48.6 67.9
70 61 46.6 61.9
80 69 42.7 63
90 75 38.8 56
100 91 31.8 46.4

N11 ventricle are calculated by equation (6) at various afterloads (Figure A.5.c, A.5.f). Both
N9 and N11 ventricles show higher mechanical efficiency with increasing afterloads. The
N9 ventricle shows slightly higher efficiencies than the N11 ventricle. Note that the rise
and fall in the pressure-volume curves of the ventricle in figure A.5.b and e are due to the
flow resistance present in the experimental setup.

Figure A.6 | The single-sided mock circulatory loop. The setup used for testing the dynamic performance of the
N9 prototype.

A.2. Analytical model, effect of seam width and num-
ber of pouches

Our simplified analytical model assumes an initial cylindrical shape of the ventricle with
internal volume Vp, and N pouches of length Ly, equally distributed around the perime-
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ter and separated by seams of width s. Since the material is assumed to be inextensible,
the pouch opening angle 0 < 8 < 7/2 fully describes the systems deformed shape. Here,
we expand on the key results described in the main text, equations (1)-(3) and figure 4.1.
Specifically, we provide analytical expressions for the fluidic transmission ratio i and ejec-
tion fraction EF at full actuation (0 = n/2),

2
2NSL—2N + N2 _ 5y 72 4 72 — 21 NSy + NS

2m2(1-Sy) A1)

lg=n/2 =

2
2(1-s1) (ZNSL—2N+ NT”2 —spm?+ 2 —2aNs, + NS%)

EFGZTE/Z = N]TZ

x 100% (A.2)

where we define dimensionless seam width s;, = s/(s+ Lg), 0 < s, < 1.
These expressions are further simplified when we assume seam width is negligeable

(5. =0),

2
N _2N+7?

—— (A3)
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2% 2N+ 2]
Nn?

from which we arrive at the conclusions about i and EF that we present in the main
text,

EF@zn/gystg = x 100%, (A.4)

lim ig-y/2,5 =0 = 00, (A.5)
N—oo

. 4
I\IIlE»roloEFG:n/z’sto = (1 - P) x 100% (A6)

We illustrate the modeled behavior in figure A.7. For non-negligible seam width, as s,
increases, seam width s increases at the expense of pouch length L. Interestingly, select-
ing relatively wider seams increases i (and decreases EF), as does increasing the number
of pouches N (Figure A.7.a, A.7.b). However, the asymptotic behavior differs significantly.
Ever wider seams ultimately result in a fully passive ventricle, such that the ejection frac-
tion vanishes (Figure A.7.c). In contrast, for negligeable seam width, increasing the num-
ber of pouches results in a linear increase of the fluidic transmission ratio i, while the
ejection fraction EF approaches 59.5% (Figure A.7.d).

A.3. Blocked-displacement testing of pouch arrays

In these experiments, samples N4, N8, and N10 broke before reaching the maximum set
pressure of 400 kPa, at respectively 159.5, 249.9, and 241.3 kPa (P;,4x). The samples gen-
erated maximum force (Fp,4x) of 319.7, 310.2, and 270.1 N, respectively. Sample N20 did
not fail and could generate the maximum force of 208.3 N at an actuator pressure of 398
kPa (Table. A.2). As predicted, by increasing the number of the pouches, i.e., by reducing
the size of the individual pouches, the pressure required to reach a certain force increases
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Figure A.7 | Idealized model-based effect of number of pouches N and dimensionless seam width sy.. a) Effect
on fluidic transmission ratio i. b) Effect on ejection fraction (EF). c) Effect of sy, for N = 10. d) Effect of N for sy, =
0.01, dashed line indicates asymptotic value EF = 59.5%.

while the geometric volume reduces. We observed a general trend where smaller pouches
typically withstand higher pressures than larger pouches (Figure A.8). However, among
samples with relatively minor differences in pouch size, imperfections caused by our heat-
sealing technique could cause failure points that deviate slightly from this trend, as all
samples ruptured near the sealing lines.

A.4. Fully soft prototype utilizing 3D-printed pros-
thetic valves as inlet and outlet

Although mechanical heart valve prostheses are reliable and being used as a therapy for
heart valve treatments, they require lifelong management with anticoagulants and regular
follow-up to monitor for complications that mainly concern their biocompatibility [294].
In this study, we used mechanical heart valve prostheses in our LIMO heart as a practical
and repeatable solution suitable for in vitro trials. To show the feasibility of making a fully
soft LIMO heart, we made a prototype by employing two 3D-printed prosthetic valves for
inlet and outlet (Figure A.9.a). The valves have an inner diameter of 30 millimeter and
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Figure A.8 | Force response of pouch arrays with 4, 8, 10, and 20 pouches. Left: Force-Actuator pressure (F —
Pact). Right: Force-Actuator volume (F — Vact).

Table A.2 | Pressure, volume and generated force of each pouch array just before failure.

Sample P« before failure (kPa) Vi« before failure (mL)  Fpya before failure (N)

N4 159.5 116 319.7
N8 249.9 57.9 310.2
N10 224.2 45.1 261.6
N20* 398.8 22.2 208.3

*N20 did not fail, and survived the whole experiment.

coaptation height of 5 millimeters to avoid any back flow [295]. They are printed from
thermoplastic polyurethane (TPU) shore 60A filament using a FDM 3D-printer (TEC4, FE-
LIX, IJsselstein, the Netherlands). For this prototype, we fabricated the ventricle using the
sealing pattern shown in figure A.1.c. It has two openings that hold inlet and outlet valves.
Interestingly, this prototype could deliver maximum cardiac output CO = 8.8 1/min at 81
BPM against pulmonary condition (35/9 mmHg). However, it failed working against aor-
tic condition (Figure S9.b). The rupture happened at the bottom of U-shape sealing path
that separates the inlet and outlet (Figure A.1.c, A.9.c) that indicates the high stress con-
centration at that point. It should be noted that the sealing lines are more generally weak
points of the samples, as the sheets are heated up to 275 °C and compressed. A full sum-
mary of stroke volume and cardiac output of both models against aortic and pulmonary
settings at various beating rates is presented in table A.3. Using a single housing for both
inlet and outlet valves seems to constrain the ventricle, leading to a reduction in SV result-
ing in 1.2 1/min reduction in total cardiac output. Future studies need to be performed
to optimize the design to maximize the cardiac output as well as improving durability by
reducing stress concentrations.

A.5. Life-time evaluation of current LIMO heart pro-
totype
Each sample tested in the mock circulation loop (MCL) under short-term dynamic con-

ditions was able to operate for approximately 1500—2000 cycles before failure. However,
since the experiments were not conducted continuously, this does not provide a realis-
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(CO) of LIMO heart and fully soft LIMO heart against pulmonary and aortic conditions at various beating rates

Table A.3 | In vitro results of N9 LIMO ventricle in dynamic test bench. Stroke volume (SV) and cardiac output
(HR).

HR (BPM) SV(mL) CO (I/min)

46 130.3 6
. 5 55 127.5 7
© g 62 115.4 7.2
S E 69 1039 7.2
5 £ 76 100.6 7.6
2 91 70 6.4
G 45 94.5 4.3
E 55 923 5.1
£ g 6l 91.9 5.6
< 2 70 84.8 5.9
76 75.3 5.7
91 50.5 4.6
46 135.6 6.3
o g 55 130.6 7.2
s £ 64 124.9 8.1
£ E 73 113.7 8.3
» £ 8l 108.6 8.8
91 89 8.1

Figure A.9 | Fully soft prototype. a) Inlet and outlet valves 3D-printed from TPU. b) Placement of the valves in
two separate openings. ¢) Rupture at the bottom of the U-shaped sealing line that separates the inlet and outlet
valves.

tic estimate of the actual lifetime, as fatigue effects are largely overlooked in short-term
testing. To assess the durability of our current fabrication method and prototypes and
identify areas for future improvement, we conducted fatigue testing on the prototype with
nine pouches (N9), made from TPU-coated nylon (Riverseal 70, 78Dtex, 70 g/mS§, River-
tex, Culemborg, The Netherlands). The prototype underwent cyclic testing in the MCL
at 60 BPM against mean afterload of 20 mmHg. Failure in this sample began after ap-
proximately 800 cycles (~13 minutes), evidenced by the appearance of air bubbles moving
from the ventricle to the afterload chamber in the MCL. The failure point is indicated in
figures A.10.a and A.10.b. Following this, a slight reduction in maximum actuator pressure
was observed (Figure A.10.a), along with alterations in the afterload peak and minimum
values, likely due to changes in flow dynamics and air leakage into the circuit.
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Figure A.10 | Results of fatigue experiments on N9 prototype. a) Change of actuator pressure and afterload after
failure. b) Afterload peak and minimum values before and after failure. c) Points along the sealing line where
the prototype is prone to tearing. We manually opened the ventricle after the fatigue experiment to observe the
failure point on the inside of the ventricle.

The failure was caused by a small tear in the TPU layer near the sealing line (Fig-
ure A.10.c), which allowed air to leak through nylon layer into the water stream. We con-
sistently observed that among all the samples, tested during our study, a tear is occurring
where the sealing line ends near the gaps for air channels as indicated in figure A.10.c, sug-
gesting a critical weak point. These findings indicate that, even with the current fabrica-
tion method, durability can be improved by eliminating gaps in the sealing lines and using
individual air valves for each pouch to avoid stress concentrations at vulnerable points.
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B.1. Hybrid Heart Prototype Fabrication

Modified printer head
for heat sealing

.

Figure B.1 | Fabrication of TPU-coated nylon ventricles and septum by means of heat sealing. a) A conven-
tional 3D printer was modified by replacing the original 3D printer head by a modified head for heat sealing.
b) 2D Patterns of the ventricle and the septum, used to heat seal TPU-coated nylon sheets together. c) On left, a
TPU-coated nylon ventricle that was heat sealed in the desired shape. It has two channels for inlet and outlet. On
right, a TPU-coated nylon septum that was heat sealed in the desired shape. It has two inlet/outlets for inflation
and deflation. The deflated state is shown on top and the inflated state on bottom.

Each part of Hybrid Heart prototypes are made of two layers. The inner layer of the sep-
tum and ventricles is made by heat sealing two layers of TPU-coated nylon. We used this
material and technique to make air and water sealed chambers for, respectively septum
and ventricles. (See figure B.1) The outer layer of septum and ventricles is made by sewing
polyester fabrics in the same shape as inner layer. The outer layer consists several tun-
nels to guide wires and keep them in place along the length of the septum and ventricles.
The TPU-coated nylon inner layers within the ventricles and septum are inserted into the
polyester fabric housing and then sewn together. Two mechanical heart valve prostheses
(Sorin Bicarbon, Sorin Group, Milan, Italy) are positioned at the outlets of each ventricle.
The septum also has two outlets and is linked to a pneumatic system (Festo, Esslingen am
Neckar, Germany). We employed fishing line (100% Fluorocarbon, 0.46mm, SavagaGear,
Gadstrup, Denmark) as driving wires around septum and ventricles, threading it through
tunnels on the fabric’s outer layer. A metal clamp was used to fasten both ends of each
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wire. To mount the prototype to the mock circulatory loop, we used a 3D-printed PLA in-
terface for each outlet, which on one side holds the valve prosthesis and the other side
goes into the tube coming from the mock circulatory loop. A silicone ring around this part
helps to make it water sealed. Figure B.2 shows a schematic of all components and their
arrangement.

Water-sealed inner lay. Ventricle
(TPU-coated nylc

Wire guides

Ventricle

Blood
inlet / outlet

3D-printed interface to MCL

Silicone ring

Polyester housing

Mechanical heart
valve prosthesis

Figure B.2 | Exploded view of the schematic 3D model of the Hybrid Heart. The ventricles and septum has
made of two thin layers. Inner layer is made of TPU-coated nylon to be air/water-sealed. Outer layer is made
of polyester fabric to keep the wires in place. Two mechanical heart valve prostheses are incorporated in each
ventricle as inlet and outlet valves.

B.2. Quasi-static characterization of the Hybrid Heart
using a pneumatic ventricle load

To measure the complete mechanical characteristics of the Hybrid Heart, we need to
monitor the volumes and pressures of its three chambers (the septum, left ventricle, and
right ventricle) at the same time, at various conditions. We vary the conditions by quasi-
statically actuating the septum, either by controlling septum pressure, or by controlling
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septum volume, while we keep the ventricles at predetermined pressures (see Methods).

B.2.1. Septum pressure control

In a first experiment, we pressurize the left and right ventricle, each to its individual set
point pressure. Then we cycle septum pressure between 0 and 80 kPa, while monitoring all
pressures and volumes. Pressures are regulated using three individual pressure controllers
(VEAB-L-26-D13-Q4-V1-1R1, Festo).

Figures B.3 and B.4 show the sample in different stages of the test for different ventricle
pressures. Figure B.5 shows the measured pressure and volume response of the septum in
this experiment. The panels in figure B.5 are showing results for different combinations of
ventricle loads.
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Figure B.3 | Quasi-static pressure-controlled experiment on a Hybrid Heart prototype, p; = 23 mmHg, pr= 75
mmHg. Photographs are taken a) after ventricle pressurization, before septum pressurization (pg=0 kPa); b) at
a intermediate septum pressure (pg=40 kPa); c) at maximum septum pressure (ps=80 kPa); d) at an intermidate
pressure during deflation of the septum (pg=20kPa); e) at the end of one complete cycle (ps=0 kPa).
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Figure B.4 | Quasi-static pressure-controlled experiment on a Hybrid Heart prototype, py = 105 mmHg, pg=
75 mmHg. Photographs are taken a) after ventricle pressurization, before septum pressurization (ps=0 kPa); b)
at maximum septum pressure (ps=80 kPa); c) at the end of one complete cycle (ps=0 kPa).

Firstly, we conclude that the effect of ventricle load is additive, i.e., that the response
for different combinations of ventricles loads that add up to the same sum are comparable.
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Figure B.5 | Quasi-static pressure-controlled experiment on a Hybrid Heart prototype. Geometric septum
volume Vs as a function of septum pressure pg for various pressures in the left (p;) and right (pg) ventricles. a)
pr.+Pr=60 or 98 mmHg, b) p; +pgr=135 or 143 mmHg, c) p; +pr=173, 180 or 218 mmHg.

This can be seen for example from the orange and green curves in figure B.4.a, and the
orange and blue lines in figure B.4.b.

Secondly, and even more importantly, there is a striking hysteresis in the pressure-
volume behavior of the septum. As pressure increases, initially there is limited increase
in the septum volume. Then, at a pressure value that depends on the sum of the ventricle
loads, there is a sudden increase in septum volume (and, not shown here for clarity, an
associated decrease in ventricle volumes). Similarly, upon depressurization the septum
volume remains almost constant at its maximum volume, until there is a sudden deflation
at a (very) low septum pressure. Moreover, for high enough pressures in the ventricles
(pL, + pr = 173 mmHg) there is no expansion of the septum even at the maximum septum
pressure (80 kPa in this experiment). This behavior is indicative of a mechanical instability.

B.2.2. Septum volume control

To better understand the hysteresis loop that we observed in the pressure-controlled ex-
periment, we perform a volume-controlled follow-up experiment. Instead of a pressure
controller, we now attach a mass flow controller (SLA5850, Brooks Instrument, Hatfield,
Pennsylvania, USA) to the septum and quasi-statically inflate the septum, while all other
connections and sensors remain the same. Figure B.6 shows the results for different ven-
tricle pressure loads. Here, we apply identical loads to both ventricles, as we observed
that the cumulative pressure is most important to determine the load needed to be ap-
plied by the septum. The results conclusively show that there is indeed an instability in
the system, which can be seen from the portion of the pressure-volume relation that has
a negative slope, i.e., where for increasing volume, the pressure decreases. When control-
ling the pressure input to the septum, these results show that when reaching the critical
peak the instability would result in a sudden large change in volume, as also observed in
the pressure control experiments. While there is likely still some friction between the wires
and the septum and the ventricles that could result in some hysteresis, the main hysteresis
in the system originates from the geometrical design of the Hybrid Heart.
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Figure B.6 | Quasi-static volume-controlled experiment on a Hybrid Heart prototype. Septum pressure pg as a
function of geometric septum volume Vs for various pressures in the ventricles (equal in left and right ventricle).
Legend shows (equal) pressure applied to the left and right ventricles.

B.2.3. Analytical model of the Hybrid Heart

To understand why there is an instability in the Hybrid Heart, and how this can be the re-
sult of the geometrical design, we create an idealized analytical description. We assume
that both the ventricles and the septum can be modeled as perfect cylinders, with instanta-
neous radius r, and r;, respectively, and constant height H. Figure B.7 shows a simplified
model of the Hybrid Heart in the initial (a) and a deformed state (b). Note that the model
is not meant to perfectly describe the quantitative behavior of the Hybrid Heart, but is
implemented to understand the origin of the instability that occurs in the Hybrid Heart.
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Figure B.7 | Analytical model of Hybrid Heart. a) Initial state, b) deformed state. c) Force balance. Top: balance
between wire tension and septum (left) and ventricle (right) pressure. Bottom: force balance in wires.
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To construct the model, we first consider the septum and a single ventricle. The initial
radii of the ventricle and septum are given by R, and R;, respectively, such that the initial
length L of the wires wrapped around the ventricle and septum in a figure eight is given by

L=2nRy+2nR;. (B.1)
We assume that the wires are inextensible, such that we have the following constraint
for the deformed state
L=2nr+2nrs, (B.2)
where 1, and 7y are the radii of the deformed state of the ventricle and septum, respec-
tively. As a result, we have that
Ry+Rs=ry+r1rs = ry=Ry+Rs— s (B.3)

We next define the instantaneous transmission ratio « as an infinitesimal volume dV,,
pushed out of the ventricle, with respect to an infinitesimal d Vs pumped into the septum.
To determine a, first we take the derivative of volumes with respect to the radii:

V, =nr?H, (B.4)
av,
=2nHry, (B.5)
dry
Vs=nr?H, (B.6)
avs
=2nHrs. (B.7)
drs
Then we calculate the instantaneous transmission ratio
a:_dV,,:_(dVvdrs)(dry):_(2)(dry). (B.8)
A dr,dVg )\ dr; re )\ drs
Using the previously derived expression for r,,, we find that
dry __, (B.9)
dry .

Therefore, we can conclude that the instantaneous transmission ratio is simply equal
to the instantaneous ratio of the radii
Ty
a=-—". (B.10)
Is
Note that that the transmission ratio is not constant, but depends on the deformed
state. Next, we define 6 as the pressure ratio between ventricle and septum for which the
system is in equilibrium.

g=Pv (B.11)
Ps
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where p, and p; are pressures with respect to atmospheric pressure. To determine the
pressure ratio 0, we first write tensile forces in the wires as a function of pressure for the
ventricle F,, (py), and the septum Fs(ps).

2rspsH=2FH, 2r,p,H=2F,H. (B.12)

If we assume for simplicity of the model that friction is negligible, equilibrium is given
by

Fy=F,, (B.13)

which results in

r 1
p=Lr-L_ 2 (B.14)
pPs Tv @
We can equivalently write a and 6 using the square root of the ratio of volumes, which
is more convenient for the analysis of the pressure-volume relation

v, /
a=1—, 0= 5. (B.15)
Vi v,

To show the results obtained by our simplified analytical model, in Figure B.7.a we
show a and 6 as a function of septum volume, for geometrical parameters approximately
representing the Hybrid Heart prototype. Note that the volume in the septum and ventri-
cle vary by as much as a factor 10 as the deformation progresses from the minimum sep-
tum volume (maximum ventricle volume) to the maximum septum volume (minimum
ventricle volume). In Figure B.7.b we show the corresponding radii. Note that due to the
inextensible wire, the sum of the radii remains constant.

B.2.4. Septum and (single) ventricle PVR

These results enable us to determine the equilibrium pressure ratio, i.e., the equilibrium
pressure in the ventricle as a fraction of the septum pressure, and vice versa, for differ-
ent instantaneous deformation states, i.e., for different combinations of V; and V4. By our
assumption of inextensibility of the wires, r; and ry (and thus also V; and V;) are geometri-
cally constrained, such that for any septum radius (or volume), we know the correspond-
ing ventricle radius (or volume), and vice versa. In other words, we can now write the
pressure-volume relations of the ventricle and septum as function of the septum pressure,
and vice versa.

However, this relation no longer holds if the ventricle or the septum reach their as-
produced size, since they are also made of inextensible material, like the wires. If the ven-
tricle reaches this maximum size, the ventricle starts acting as a rigid container. In that
case, the force balance in the wire no longer holds and the pressures cannot be related as
previously derived. Instead, for incompressible medium (water, blood), the ventricle vol-
ume will be fixed at Vi max for any pressure above atmospheric. For compressible medium
(e.g., air), even though the geometrical volume is fixed, we can define a pressure-volume
relation in terms of the standard or pressure-equivalent volume V4 pg, i.e., the volume the
medium would have if it were at atmospheric pressure
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Figure B.8 | Resulsts analytical model of Hybrid Heart. a) a and 6 as a function of septum volume Vs, b) radii
as a function of septum volume Vs. Top shows sections of septum and ventricle (to scale) in initial and fully
deformed states. H = 7 cm, r5,min=0.6 cm, rg,max=2.4 cm, ,,min=0.95 cm, ry,,max=2.75 cm

_ VypEPO
, = —LPEFO

po, (B.16)

Vu,max
where we use atmospheric pressure as the reference pressure py.
We assume that in the initial state, the ventricle is fully inflated, i.e., that it is at its
maximum volume Vi max. Therefore, its maximum volume is identical to its initial volume
Vi,max = I{T[("v,max)2 = URIZ, (B.17)

Conversely, if the septum reaches its maximum volume, while the ventricle pressure
is above atmospheric, but below the equilibrium pressure, the ventricle will act as a rigid
container having its minimum volume, where the minimum volume is

L
Vomin = Hr(— - rs,max)z- (B.18)
21

In that case volume is fixed at V;,min for an incompressible medium, while for com-
pressible medium we define the pressure volume relation as

Vs max = H”(rs,max)z, I'smax < Rs. (B.19)

B.2.5. Two (identical) ventricles

Based on the findings we obtained in the pressure-controlled septum inflation experiment
(Figure B.3), and the fact that the effect of ventricle pressure on the septum is additive, we
can expand this model to represent two ventricles by placing the two ventricles in parallel
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to the same septum. The septum pressure is simply the sum of the pressure contributions
from each of the ventricles. Therefore, the septum pressure equals

PL PR VL VR
=—+—= —+ —, B.20
Ps= 0, " on pL\/LG pR\/L% (B.20)

where subscripts L and R refer to left and right ventricle, respectively. The pressures in
the individual ventricles are

% [v.
pL=0Lps = ps f,m=%m=m-i (B.21)
T VR

Note that the volume of one ventricle determines the volume of the septum, while the
septum volume sets the volume of the other ventricle, such that in this model, the ventri-
cles always have identical volumes, as long as pressures are above atmospheric. Therefore,
the left and right equilibrium pressure-volume relations are identical.

Based on these assumptions, and by taking geometrical parameters that are compa-
rable to the prototype, we can determine the equilibrium ventricle pressure-volume rela-
tion for different septum pressures. Equivalently, we can determine the equilibrium sep-
tum pressure-volume relation for different cumulative ventricle pressures. We show the
pressure-volume relation of the idealized system for a single ventricle, and for the septum,
in figure B.8.

We can clearly see in all pressure-volume relation curves a region with negative slope,
similar to what we observed in experiments. As in the model friction was assumed to be
negligible, the instability and hysteresis observed in experiments must be the result of the
mechanical behavior that originates from the design of the Hybrid Heart. The observed
instability can thus be explained from the unstable part of the pressure-volume relation
intrinsic to this system.
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Figure B.9 | Results analytical model of Hybrid Heart. a) (geometrical) septum PVR. b) (geometrical) ventricle
PVR. H =7 cm, rs,min=0.6 cm, rs,max=2.4 cm, ry,min=0.95 cm, ry,max=2.75 cm
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B.3. Mock circulatory loop setup and test results

B.3.1. Influence of wire arrangements on ventricular outputs in
double mock circulatory loop

We have studied the influence of wire arrangements on the ventricular outputs during
various tests in the double circulatory mock loop. Due to the challenging hemodynamic
conditions of the systemic circulation versus pulmonary circulation (high left afterloads
compared to low right afterloads), it is more difficult to obtain high stroke volumes for the
left artificial ventricle. In addition, the bronchopulmonary shunt flow causes increased
venous return to the left atrium compared to the right. Due to both factors, ideally, the
left ventricular stroke volume should be larger than the right ventricular stroke volume.
The Hybrid Heart prototype, as described in the main text, has similar sized ventricles. We
aimed to decrease right stroke volume compared to the left volume by changing the wire
length of the right ventricle. We used a full-fill/partially-eject compensation mode to ob-
tain lower right stroke volumes. We have tested three prototypes, that we intended to be
exact copies of each other. First, we have tested these prototypes with similar wire config-
urations, and similar wire length for both ventricles. Each ventricle had 5 wires in parallel,
spaced apart with similar distances. We tested these prototypes in the double circulatory
mockloop under physiological conditions, where we noticed that the measured stroke vol-
umes varied per prototype (Table B.1). The left stroke volumes were 76 ml, 68 ml and 91 ml
respectively for the three prototypes and the right stroke volumes were 84 ml, 76 ml and
125 ml respectively. It should be noted that all prototypes were fabricated by hand, which
likely explains the performance differences. Furthermore, it should be noted that with
similar wire configurations for the left and right ventricle, all three prototypes had larger
right ventricular outputs compared to the left. We tried to reduce the right sided stroke
volumes by loosening the wires of the right ventricle. This would result in complete filling
of the right ventricle, and reduced ejection. We found that with loosening the wires, we
could successfully decrease the right sided stroke volume to 79, 66 and 83 ml respectively
(Table B.1). Interestingly, by loosening the wires of the right ventricle, the stroke volume
of the left ventricle increased in all cases, 79, 84 and 95 ml respectively (Table B.1).

Similar configuration left and right ventricles
SVL SVR COL COR  AftL AftR

ml ml L/min L/min mmHg mmHg
HHv1 76 84 4.5 5.0 98 30
HHv2 68 76 4.1 4.6 85 32
HHv3 91 125 5.5 7.5 100 27

Loosening wires of the right ventricle
SVL SVR COL COR AftL AftR

ml ml L/min L/min mmHg mmHg
HHv1 79 79 4.7 4.7 100 27
HHv2 84 66 5.0 3.9 89 26
HHv3 95 83 5.7 5.0 105 20

Table B.1 | The effect of wire arrangement on stroke volumes. HH: Hybrid Heart. V: version. SV: stroke volume.
L: left. R: right. CO: cardiac output. Aft: mean afterload
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B.3.2. Influence of beating rate on left cardiac output using
pneumatic actuation system

In order to assess the pneumatic actuation system of our test bench, we tested the Hy-
brid Heart at beating rates of 30 to 100 BPM in steps of 10. During the experiment, both
systemic and pulmonary resistance were kept constant, and Both preloads were set to 5
mmHg. The maximum pressure, reached in the septum was set to 80 kPa. We observed
that the highest SV of 91.7 + 0.3 was obtained at 30 BPM, yet cardiac output (2.75 L/min)
was still quite low (Figure B.10). Increasing heart rate resulted in a decline in SV, while the
cardiac output increased to 4.7 L/min at 70 BPM, after which it dropped to 4 L/min at 100
BPM. This shows that with current actuation system of our test bench, we can achieve the
optimal performance at the heart rates of 60-80 BPM, and we are limited at the highest
achievable beating rate while maintaining enough cardiac output.

a 100 b S

_ % £ _45

- - O

gL70 gg *

=9 =] 2

S Je0 Ocss

2 850 S E

SE T 3

» 40 (@)

30 . . . . 25 . . . .
20 40 60 80 100 20 40 60 80 100
Beating Rate (BPM) Beating Rate (BPM)

Figure B.10 | Effect of beating rate on left ventricular output. a) Left stroke volume measured at beating rates
ranging from 30 to 100 BPM. b) Corresponding left cardiac output across the same range of beating rates. Data is
presented as mean values + SD of n = 10 cycles.

B.4. 4D flow MRI measurements

The biomimetic motion of the Hybrid Heart during relaxation and contraction was as-
sessed by means of 4D flow magnetic resonance imaging (Philips Medical Systems, Best,
the Netherlands with a 32-channel matrix head coil). Cardiac gating was performed using
a simulation ECG set to 30 bpm. Velocity encoding (VENC) was set to 100 cm/s. Valvu-
lar flow was visualized and quantified using semi-automated retrospective valve tracking
including automatic phase off- set correction through CAAS MR Solutions 4D Flow (Pie
Medical Imaging BV, Maastricht, the Netherlands). Valve tracking was performed on 2D
cine steady-state free precession (SSFP) images. To enable MRI scanning, we used plas-
tic pinch valves as resistors to mimic the systemic vascular resistance and the pulmonary
vascular resistance in the MRI compatible mock circulatory loop. We replaced all four
mechanical heart valves of the Hybrid Heart prototype with bioresorbable Xeltis polymer
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Figure B.11 | Mock circulation loop schematic. RPRE: right preload, RCO: right cardiac output, PAP: pulmonary
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Figure B.12 | The Hybrid Heart in the mock circulation loop. The Hybrid Heart is actuated with closed-loop
circuit including an air pump, and the hysteretic valve.

valved conduits (Xeltis pulmonary valveXPV, Eindhoven, the Netherlands).
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Figure B.13 | Hybrid Heart during 4D flow MRI measurements. Blue color depicts flow in the right ventricle,
orange color depicts flow in the left ventricle. Laminar flow is observed during the filling and ejecting phases of
both ventricles.
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B.5. Hybrid Heart for in vivo implantation

Figure B.14 | The Hybrid Heart prepration for in vivo implantation. In this prototype, mechanical heart valves
are sutured to the ventricular ports. GORE-TEX grafts are attached to each valve to facilitate connection to the

arteries and atria.
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Figure B.15 | The control system used in the operation room to run the Hybrid Heart and collect data. It
includes pressure and flow sensors, driving system and data acquisition units.
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B.6. Transcutaneous energy transfer system

Power supply

Electric load

Skin penetration

Figure B.16 | TET system overview. A) The external TET coil. B) The internal TET coil. C) The control box
containing controllers for both coils and electric load. Fans are placed on top for temperature management. D)
Schematic overview of the TET system after implantation. Power supply and electric load are put in the control
box on the back of the goat. Power is transmitted from the external coil to the internal coil transcutaneous and
goes to the electric load via a cable and skin incision.
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Figure B.17 | Integrating the TET system to evaluate the power transmition. The Hybrid Heart is driven using
an air pump and a hysteretic valve in a close loop circuit, powered by a TET system.

B.7. Hemocompatibility assessment of TPU-coated ny-
lon vascular grafts with heparin-functionalized
supramolecular coatings in a rat aorta model

We expected that TPU-coated nylon itself would induce thrombus formation when in con-
tact with blood and would therefore need functionalization of its surface to create an anti-
thrombogenic layer. To this end, we used supramolecular polymeric systems as a coat-
ing, because these materials allow for the incorporation of functional additives, such as
peptides or other ECM-derived molecules, through a mix-and-match approach [296-298].
The segmented block copolymer polycaprolactone bisurea (PCL-BU) (Figure 5.5.a, 5.5.b)
is a supramolecular polymeric system that has been employed in various biomedical appli-
cations, including heart valves [215], vascular grafts [299-301], and cardiac patches [286].
We aimed to develop an anti-thrombogenic surface on the TPU-coated nylon through ap-
plying a PCL-BU coating that is functionalized with heparin (Figure 5.4.a). Heparin binds
to antithrombin enhancing its inhibitory effect to both factor Xa and thrombin that are
important factors in the coagulation pathway [302]. To bind heparin onto the materials, a
heparin binding peptide [282, 303] was added to the system by coupling this to a bisurea
linker (BU-HBP) (Figure 5.5.b) and then incorporating it into the bisurea stacks formed in
the system.

We investigated whether the addition of BU-HBP and heparin to the PCL-BU based
supramolecular coatings on the TPU-coated nylon would lead to fewer thrombotic in-
cidents. To answer these research questions, we first studied the feasibility of applying
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coatings to the TPU-coated nylon in vitro. Next, the thrombogenicity and cytotoxicity of
the TPU-coated nylon with and without the various coatings were explored in vitro. The
surface of the TPU-coated nylon was analyzed after coating with x-ray photoelectron spec-
troscopy to investigate the presence of the coating. The TPU-coated nylon materials were
sutured into a vascular graft (Figure 5.5.a) before sterilization and subsequent use in the
in vivo study. To this end, the vascular grafts made from TPU-coated nylon, with and with-
out the different supramolecular coatings on the luminal side of the graft, were implanted
as abdominal aortic interposition grafts in rats with a follow-up time of 24h (Figure 5.6.c).
The patency of the graft after 24h was determined based on clinical presentation, and fur-
ther evaluated by magnetic resonance imaging, scanning electron microscopy and histo-
logical analyses.

B.7.1. Feasibility of coating the TPU-coated nylon

The TPU-coated nylon was coated with PCL-BU through solution-casting. Comparing the
surface atom composition, determined from XPS measurements, before and after coating
revealed an increase in C and N atom percentages from 73 to 86.5 and 0.9 to 1.9 respec-
tively, and a decrease in O atom percentage from 26.1 to 11.5 (Table B.3).

B.7.2. In vitro cytotoxicity and thrombogenicity

Cytotoxicity of the materials was assessed by a lactate dehydrogenase (LDH) release assay
with human umbilical vascular endothelial cells (HUVEC). After 24 hours of HUVEC cul-
ture, no evidence of cytotoxicity was observed for either the nylon side or the TPU side of
the TPU-coated nylon material. Similarly, no cytotoxic effects were detected when evalu-
ating the cytotoxicity of the TPU-coated nylon coated with PCL-BU or with PCL-BU + BU-
HBP (Figure 5.5.a). Thrombogenicity was investigated through incubating the materials
with platelet-rich plasma for an hour, followed by assessing adsorption of platelets to the
surface. On the TPU-coated nylon material with and without PCL-BU coating platelets
readily adhered and spread, irrespective of heparin functionalization. Platelets were ob-
served in all different stages of activation, from round to dendritic, to fully activated [304].
Less platelets were observed on the surfaces functionalized with the BU-HBP peptide.
On the 5 mol% BU-HBP surface some platelets showed a different activation stage and
spread morphology, but on the 20 mol% BU-HBP surfaces predominantly round platelets
were observed. After heparin functionalization of these surfaces, no spreading of platelets
was observed, while less platelets were present compared to before functionalization (Fig-
ure 5.5.f). Therefore, we selected 20 mol% BU-HBP to proceed with the in-vivo rat study,
due to its optimal performance in binding heparin.

B.7.3. Surgery

Mean duration of the surgery was 2h11min (+13min) and mean clamp time was 50min
(+3min). Two rats died during surgery. The first per-operative death occurred within 10
minutes after clamping the aorta, during implantation of the graft (graft type 1). There
was no bleeding event, therefore we believe the rat died as a response to the anesthetics.
The second rat died shortly after implant of graft type 4. This was the first graft implant
that was treated with heparin, and after declamping the aorta a bleeding occurred that
could not be stopped. After this incident, we rinsed all type 4 grafts with saline prior to
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implantation. We replaced the two perioperative deaths by two new rats, using n=22 rats
in total. The surgery was completed without complications for the other 20 implantations.
For each group, n=5 rats survived the surgery.

B.7.4. Clinical assessment and explant

For graft type 1, two rats did not use their hind legs directly after surgery, which indicated
immediate clotting of the graft. They were euthanized on the same day as the surgery. The
three other rats were in good clinical condition with normal leg movement after surgery.
On post-operative day (POD) 1, two of them did not use their hind legs at the next morning,
which indicated complete graft occlusion. One rat remained in good clinical condition
until the end of the follow up period (Figure 5.5.b, Table B.2). All five rats that received type
2 grafts did not use their hind legs after surgery, indicating immediate occluded grafts. All
rats were euthanized on the day of surgery.

With grafts of type 3 one rat had an uncomplicated surgery but died during the recov-
ery due to unclear reasons (graft 3.2). During explant no thrombus was seen in the graft.
One other rat did not use its hind legs directly after surgery and was euthanized on the
same day. Three of the rats were in good health on the day of surgery, but on the next
morning one was found dead and another had immobile hind legs. One rat remained in
good clinical condition, with normal leg movement until the end of the follow up period.

All rats with grafts of type 4 stayed in good health with normal leg movement on the
same day of the surgery. However, two rats did not use their hind legs the next morning,
indicating late graft occlusion. The other three rats stayed in good health with normal leg
movement until the end of the follow up period.

At explant, large thrombi were found in occluded grafts (except for graft 3.2) that typ-
ically extended from the proximal to distal anastomosis. Even in patent grafts, small
thrombi were often visible at the spot where the sheet was sutured together (Figure B.19).

B.7.5. Magnetic resonance angiography

The MRI analysis of the grafts measured (n=9) in animals revealed that three grafts were
patent on POD1 (grafts 1.1, 3.1 and 4.5). This matched the clinically good state of all three
animals that were using their hind legs normally. The other six MRI scans (three grafts
taken from PODO: 1.5, 2.3 and 2.3, and three from POD1: 1.2, 3. and, 4.1) revealed that
blood flow was absent distally from the renal branch. This matched the clinically poor
state in which the animals were not using their hind legs in all six cases (Figure B.18, Ta-
ble B.2). On MRI images of the three patent grafts, the transition of the native artery to the
Gore-Tex strip was clearly seen due to a narrowed vessel diameter, both proximal as well
as distal (Figure B.18). One open graft showed a small thrombotic region inside the graft,
which was located proximally around 1/3rd of the graft length, that regionally caused a nar-
rowed lumen (diameter of 0.4 mm) inside the graft (graft 4.5). It could not be determined
if this thrombotic region was at the interface from the Gore-Tex to the coated TPU-coated
nylon or in the coated TPU-coated nylon part. In the other two grafts (1.1 and 3.1) no
blood flow obstructions were seen. In the patent grafts, the mean lumen diameter of the
graft was 1.9 mm + 0.1 mm, and the lumen of the proximal native aorta was 1.8 mm + 0.3
mm (Table B.2).
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B.7.6. Histology

All histological slices showed a thrombus in the lumen of the grafts except for two, graft 4.5
and 1.5. Most of the thrombi were located at the junction where the sheet was sutured to-
gether (Figures B.20, B.21). Only two thrombi were found at other locations. Graft 1.1 had a
thin and elongated thrombus in the curvature of the lumen. Graft 4.3 had a round shaped
thrombus in the middle of the lumen. All thrombi had a heterogeneous composition of
red blood cells, fibrin and white blood cells. Thrombi in the grafts that were explanted
within 1-3 hours after surgery were mainly composed of erythrocytes, but also some fib-
rin depositions were observed. Neutrophilic granulocytes infiltrated the erythrocyte sec-
tions but were not present inside the fibrin depositions in these early thrombi. Thrombi in
grafts explanted after the 24 h follow-up period were composed of erythrocytes and larger
fibrin areas compared to the grafts that were explanted at the day of surgery. The grafts
that were explanted after 24 h showed more mature thrombi, with a mix of intact and de-
graded neutrophilic granulocytes present inside the fibrin regions (Figures B.20, B.21). On
the H&E stained histological samples, no smooth muscle cells in the thrombi and no cell
infiltration inside the graft material were observed. In group 1, the TPU layer could be
clearly defined as a separate layer from the woven nylon fibers (Figures B.20, B.21). For
all coated samples (group 2, 3 and 4), the TPU layer was not clearly distinguishable. Here,
the supramolecular coating seemed to be fused with the TPU layer and formed one dense
mass on top of the nylon fibers (Figures B.20, B.21).

B.7.7. Scanning electron microscopy

All grafts showed some clot formation composed of erythrocytes adhering to the material
and clustering together (Figure B.20). In most of the grafts clearly fibrin could be observed,
except for the grafts 1.1, 3.2, 3.3 and all grafts from type 4. In some grafts like 3.1 only some
fibrin was observed, while in others like the grafts of type 2, a full plaque layer could be
observed of interwoven fibrin and erythrocytes. Overall, no clear distinctions in number of
adsorbed erythrocytes were found between the occluded grafts of the different conditions
based on visual inspection. The patent grafts seemed to have less erythrocytes adsorbed
to the material compared to the occluded grafts (Figure B.20). In the patent grafts from
group 4 seemingly less erythrocytes were observed; especially on graft 4.5 barely any cells
were found. However, it is hard to draw conclusions as only small sections from the grafts
were analyzed and some of the clots may have fallen off before SEM imaging. Both of the
materials that were explanted at the day of surgery, and the ones explanted at 24 h looked
similar with SEM analysis. The SEM analysis also indicated that after the 24 h follow up
there was no cell infiltration into the graft material, which was in line with the histology
analysis. Most thrombi were located around the sutures, which could indicate that this is a
point of origin for the clot formation. In some samples clusters of erythrocytes were found
on the Gore-Tex material (Figures B.22, B.23).

B.7.8. Interpretation of the results

The results of this study indicate that a TPU-coated nylon small diameter vascular graft
may benefit from a PCL-BU supramolecular coating functionalized with heparin to reduce
its thrombogenicity. However, the variability within most groups in combination with the
small number of animals used in this study complicated the ability to draw conclusions
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on the thrombogenicity of the individual materials tested.

The functionalization with heparin of vascular grafts is a well-known strategy to pre-
vent thrombus formation [305-308]. In the present study, we found that in the three
study groups without heparin functionalization (groups 1-3), at best, one out of five grafts
remained patent. The TPU-coated nylon grafts with PCL-BU coating alone (graft type
2) showed occlusion in all grafts within two hours after surgery. Possibly, the addition
of PCL-BU coating worsens the hemocompatibility of the TPU-coated nylon material.
The reason why the PCL-BU coating would be more thrombogenic than the TPU layer
itself is not known. Previously, grafts consisting of a similar polymer as PCL-BU have
been successfully implanted in animal models in various trials. In a study of Hong et
al. [299] a blend of the polymer with poly(2-methacryloyloxyethyl phosphorylcholine-co-
methacryloyloxyethyl butylurethane) (PMBU) was used as electrospun graft for implanta-
tion in rat aortas. This study showed that 67% of the PMBU grafts were patent after 8 weeks
compared to 40% without PMBU. However, the rats were given anti-platelet therapy dur-
ing follow-up. In a study from Seifalian et al. [300], poly(carbonate-urea)urethane electro-
spun grafts were implanted in the aorta-iliac position in beagle dogs. This study showed
that with this similar polymer no thrombotic effects were observed up to 36 months, but
the grafts in this study had a larger diameter. Duijvelshoff et al. [309], fabricated elec-
trospun PCL-BU aortic grafts that were implanted in rats with a follow up duration up
to 56 days. In this study no thrombogenic events were reported, without administrating
anti-coagulation therapy during the follow-up. The above-mentioned studies all reported
fewer thrombotic events with comparable supramolecular materials, however they either
used antithrombotic therapy, large animal models or fibrous graft constructs (by means
of electrospinning), and are therefore not one-to-one comparable to our results. Still, we
argue that one potential reason for the thrombogenicity observed in this study with the
PCL-BU coating (group 2) could be related to the fact that we used solution casting to ap-
ply the PCL-BU instead of fabricating a porous PCL-BU electrospun graft. This should be
further investigated in future studies.

In contrast to groups 1-3, in the group of rats that received heparin-coated grafts
(group 4), three out of five grafts remained patent during the 24 h follow-up period. How-
ever, we did observe an increased occurrence of bleeding through the suture lines after the
removal of the aortic clamps in the heparin-functionalized grafts. This bleeding was more
pronounced compared to the other three graft types that were not functionalized with hep-
arin, which exhibited relatively less bleeding. To mitigate the bleeding issue associated
with heparin-functionalized grafts, we implemented an effective measure: rinsing the lu-
men of the grafts with saline to remove any residual heparin solution before implantation.
This step proved successful in managing the bleeding and minimizing its occurrence dur-
ing the procedure. The increased bleeding observed in grafts functionalized with heparin,
in addition to the higher number of patent grafts after 24 h follow up, suggests that the
heparin functionalization may have had the desired antithrombotic effect at least shortly
after surgery.

We chose a 24 h follow-up time to study the thrombogenicity of the four selected ma-
terials in vivo. However, this follow-up time is too short to effectively assess the long-term
activity of the developed coatings. Free circulating unfractionated heparin molecules have
an elimination half-life of 1.5 hours [310], thus their effect is fully eliminated after 6-7.5
hours. We found that after 24 hours, the heparin-functionalized grafts had less throm-
botic complications than the other types of grafts, which indicates that the heparin func-
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tionalization was still active. We attempted to investigate the functionalization upon ex-
plantation by studying the chemical composition of the surfaces of the explants with x-ray
photoelectron spectroscopy. However, we could not reliably study the composition of the
material due to the influence of the proteins and cells that had adsorbed to the material.
Therefore, we could not prove that the heparin was still retained on the coating after com-
pleting the follow-up time of 24 h. To eventually use a heparin functionalization strategy
for blood contacting surfaces of MCS devices, the bonding method and long-term func-
tion of heparin play crucial roles. Longer follow-up times are needed to investigate if the
effect of heparin functionalization is sustainable.

Generally, this study was marked by the high number of thrombotic complications,
which occurred in all study groups. Even in patent grafts, we found evidence that small
thrombi were present in the lumen. MRI analysis revealed an obstruction in the blood
flow of a patent graft that is likely to be caused by a thrombus in the lumen (graft 4.5). His-
tology and SEM analysis showed that in multiple patent grafts, thrombi were found around
the sutures inside the grafts (Figures B.19, B.20, B.21). Histological analysis revealed that al-
most all thrombi were located to the site of the graft where the two ends of the TPU-coated
nylon sheet were conjoined with sutures (Figure B.20). Due to our fabrication method and
the use of flat TPU-coated nylon sheets, the lumen of the grafts was not round, but was ta-
pered on one side (Figure B.6.a). We hypothesize that this tapered shape has played a role
in the formation of the thrombi. Potentially, in the area where the sheet was sutured to-
gether, there was turbulent or partially stagnant blood flow that may have initiated throm-
bus formation [311, 312]. A future recommendation for a similar study is to develop a new
fabrication method in which the lumen of the graft is fully round in shape. An example of
such a fabrication would be round knitting/weaving or electrospinning a nylon tube and
applying TPU and supramolecular coatings afterwards. However, the small diameter of
the vascular grafts makes coating of the lumen challenging. Alternatively, a TPU-coated
nylon sheet could be folded to a tubular shape, the ends placed next to each other and
glued or heat-sealed together, so that a round graft lumen is formed.

Additionally, the small diameter (2 mm) of the grafts may have played a large role in the
high number of thrombotic indications. Typically, the rat abdominal graft model is used
to investigate the biocompatibility of novel biomaterials [301, 313]. This animal model
has also been used extensively in earlier studies of our research group [282, 301]. Given
the small diameter of the rat aorta, the fabricated grafts had to possess an inner diameter
of 2 mm. To enhance future studies exploring vascular graft constructs where two ends
of a flat sheet are joined using sutures, it would be advantageous to consider an animal
model with larger vessel diameters, such as rabbits. Larger diameter grafts would result
in a smaller junction site relative to the overall lumen diameter, potentially reducing its
impact on thrombus formation.

The in vitro thrombogenicity test showed that many platelets adhered to the uncoated
TPU-coated nylon (group 1) and to the nylon TPU + PCL-BU coating (group 2), while very
few platelets adhered to the nylon TPU with PCL-BU + BU-HBP (group 3), and to the coat-
ing that was functionalized with heparin (group 4). However, during the in vivo experi-
ment, 4/5 grafts of the PCL-BU + BU-HBP (group 3) and 2/5 grafts functionalized with
heparin (group 4) were occluded by a large thrombus. This considerable difference be-
tween in vitro and in vivo results in terms of thrombogenicity further strengthens the hy-
pothesis that the graft design played a role in the thrombus formation during the in vivo
study.
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In conclusion, Supramolecular coatings based on bisurea polymers modified with hep-
arin via heparin binding additives showed a reduction in thrombogenicity of TPU-coated
nylon grafts. This study establishes a first step toward the fabrication of TPU-coated nylon
materials with functional supramolecular coatings for blood-contacting surfaces of (soft
robotic) devices.

Atom percentage (%)

PCL-BU on TPU-coatednylon C N o
Before 73 09 26.5
After 86.5 1.9 11.5

Table B.2 | Atom percentages determined by XPS measurements of TPU-coated nylon surface before and after
coating with PCL-BU.

4.1

Healthy control

Figure B.18 | Pre-clinical assessment of the grafts. MRI images of grafts in the rat abdominal aorta (3.1, 4.5 and
4.1) as well as the native rat aorta. Horizontal lines indicate the proximal (top) and distal (bottom) anastomosis.
Arrow indicates thrombi inside the lumen.
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Graft 1.2 Graft 4.4
Fully Occluded Patent but with small thrombus at sutureline

Figure B.19 | photos of two exemplary grafts at explant. Left image shows a fully occluded graft of a rat that had
immobile hind legs one day after surgery. Typically, thrombi were seen that covered the full length of the graft.
Right image shows a patent graft that has a small thrombus in the section where the TPU-coated nylon sheet is
sutured together.
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I
Patent Occluded

Figure B.20 | Visualization of explanted grafts. SEM images of part of the explanted grafts from graft 1.1, 3.1,
4.3, 4.4, 4.5 and 4.1. Scale bars represent 3 mm and 20 pm for A and B, respectively. Fluorescent images of an
overview of a coupe (C) and a zoom-in (D), region where is zoomed is highlighted, from the explanted grafts from
graft 1.1, 3.1, 4.3, 4.4, 4.5 and 4.1 stained with hematoxylin and eosin. Scale bars represent 500 and 100 pm for C
and D, respectively.



M 61 70 ‘T Jualed lualed 4 S9A BN v

m VN Juered 44 SoK S9K A%

mm VN lualred 144 S9A S9A €

c VN Papn[d20 0¢ ON S9K (4 %4

.m papnp20 papnp20 44 ON S9K 184

m Papn[Q papn[Q ¥ VN ON ge

fm papnpIQ papnpIQ (4 ON sag v'e

- VN papn[a20 ¥e ON Sax ce

m VN Teapouf) 1 VN ON [

m 0C 0‘c 0C Jualed lualed 4 S9A BN e

v VN POpNpOO g VN oN 5z

W. VN pPapn20 9 VN ON v'e

n.b. papn[o20 Papn[o20 ¥ VN ON €C

.m VN Papn[@20 0 VN ON (A4

w VN Papnd20 1 VN ON 1¢C

=y PapnPOO PapnPOO € VN ON ST

M VN Papnd20 81 ON S9K V1

VN Papn[d20 ¥ VN ON €1

pPapn[o20 pPapne20 44 ON S9K [l

81 91 0C Juareqd Jusred Ve SoA S9A 'l

1 PIN X0Id
(smoy)
*(urur) 191ourerp yeid uowny yeid Hre 1ouP uoneinp HHateA0H HHaeAoH adAy yye1n
Jjuowssasse YN  smiels  1jeid o1 pury 1aod 81 pury 0dod
dn moyog
el

nb ‘Ke aaneI12dQ 1504 =QOd “APNIs SIY) UI papn[oul S)el [[e 10 SISA[eUe T\ PUE SJUSWISSISSE [ed1Ul]) | €°d d[qeL



B.7. Hemocompatibility assessment of TPU-coated nylon vascular grafts
with heparin-functionalized supramolecular coatings in a rat aorta moddl37

m%ﬁ’-\‘f 43

,.a
-

e —
.5-""‘"-\‘ 2’# _“‘. - % ;
24 :.::.--.. Jn—-'E.M_..._.r’ ‘ﬁ .__:f%‘ 4.4 & ‘ ”fu

— e

r——

25 Sea

Figure B.21 | Histological images of an overview of a coupe and a zoom-in region, from all the explanted grafts
stained with hematoxylin and eosin. Scalebars zoom-out images represent 500 pm. Scalebars zoom-in images
represent 50 pm.
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1.3 1.4 1.5

Figure B.22 | SEM images of zoom-out and zoom-in at 5000x magnification of part of all the explanted grafts.
Scale bars represent 3 mm and 20 pum for the zoom-out and zoom-in images respectively.



B.8. Investigating the intraventricular deformations 139

Figure B.23 | SEM image of 3.1 graft highlighting erythrocytes adsorption to gore-text material. Scale bar
represent 500 pum.

Atom percentage (%)

PCL-BU on TPU-coatednylon C N (0}
Before mock-loop 816 1.8 16.6
After mock-loop 79.6 175 2.8

Table B.4 | Atom percentages determined by XPS measurements of TPU-coated nylon and PCL-BU coating on
TPU-coated nylon materials after being exposed to the mock loop set-up with the laparoscope experiments.

B.8. Investigating the intraventricular deformations

Considering that the deformation of the inner layer of the Hybrid Heart is strongly in-
fluenced by the hydraulic pressure of the ventricle chamber, we conducted experiments
using a laparoscope to visually investigate the intraventricular deformations at different
conditions and examine ventricle behavior. A Hybrid Heart prototype was connected to a
mock circulation and the videos of the deformation were acquired. The description of the
experiment and its results are reported in the following sections.

B.8.1. Hybrid Heart design and assembly and set-up descrip-
tion

To be able to insert the laparoscope in the Hybrid Heart, the external fabric was cut to
create a small hole in between the valves. In addition, the design of the ventricle was
slightly modified, and a straight central canal was added for the insertion and fixing of the
laparoscope tip (Figure B.24).

The laparoscope tip was inserted in the prototype from a small hole that was created
in between the inlet and the outlet valves of one of the two ventricles. This position for
the laparoscope was chosen because the portion of the prototype to which the valves are
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fixed is stable and shows only small movement and deformation during contraction. In
addition, this position allowed a clear and wide view of the inner surface of the ventricle,
from the base to the apex of the prototype.
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Figure B.24 | Coated and uncoated TPU ventricles. A) 2D path (colored lines) used for heat-sealing, B) inner
surface of a TPU ventricle, with drawn grid, C) inner surface of a TPU ventricle with coating, and drawn grid.

To allow the manual drawing of a grid on the inner surface of the TPU ventricle, the
heat-sealing procedure for the manufacturing of the TPU ventricle was modified as fol-
lows:

1. Two TPU sheets are placed on the bed of a modified 3D printer for heat-sealing. The
path described by LINEI is sealed.

2. The TPU sheet is reversed, and a 10 mm spaced grid is manually drawn on the TPU
surface (See figures B.24.B, B.24.C). A white waterproof pencil was used to draw the lines.

3. The TPU sheet is reversed again and placed back on the bed of the modified 3D
printer to do the sealing of LINE2 and LINES3 (see figure B.24.A).

The prototype and the laparoscope in position are shown in figure B.25. As can be seen
from the figure, the Hybrid Heart was connected to the mock circulatory loop. A 27 mm
and a 24 mm inner diameter mechanical valves were used at the inlet and the outlet ports
of each ventricle, respectively. The vision system connected to the laparoscope was placed
on side, and videos were recorded with a camera.

L
Vision System aparoscope

Figure B.25 | Intraventricular deformation investigation. Experimental setup used to study the deformation
of the inner layer of the Hybrid Heart, when connected to the mock circulatory loop. On the right, a close-up
on the Hybrid Heart shows how the laparoscope accesses the prototype.
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B.8.2. Experimental procedure

The experiments were conducted as follows:

1. The ventricle of interest (the one with the access for the laparoscope) is inserted in
the external fabric. The other ventricle is assembled as usual.

2. The Hybrid Heart is connected to the mock circulatory loop.

3. The laparoscope tip is inserted in the ventricle. The water tightness is obtained by
placing a silicone ring around the laparoscope and the fabric and securing with zip-ties.

4. The mock circulation is filled with water. At this point, the wires of the Hybrid Heart
are tightened.

5. The vision system of the laparoscope is switched on. The laparoscope is moved until
a satistying view of the inner surface of the ventricle is achieved. The laparoscope holder
is then fixed.

6. The Hybrid Heart is actuated at 30 bpm, reaching a maximum pressure in the sep-
tum of 80 kPa. The videos of both the prototype contraction and of the deformation of the
inner surface of the TPU ventricle are recorded.

Importantly, the settings in the mock loop are switched to test alternatively pressure
conditions that are referred either to a right or a left ventricle, without changing the posi-
tion of the laparoscope.
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